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Abstract

Biomaterials are used to engineer functional restoration of different tissues to improve human 

health and the quality of life. Biomaterials can be natural or synthetic. Additive manufacturing 

(AM) is a novel materials processing approach to create parts or prototypes layer-by-layer directly 

from a computer aided design (CAD) file. The combination of additive manufacturing and 

biomaterials is very promising, especially towards patient specific clinical applications. Challenges 

of AM technology along with related materials issues need to be realized to make this approach 

feasible for broader clinical needs. This approach is already making a significant gain towards 

numerous commercial biomedical devices. In this review, key additive manufacturing methods are 

first introduced followed by AM of different materials, and finally applications of AM in various 

treatment options. Realization of critical challenges and technical issues for different AM methods 

and biomaterial selections based on clinical needs are vital. Multidisciplinary research will be 

necessary to face those challenges and fully realize the potential of AM in the coming days.
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1. Introduction

Additive manufacturing (AM) means processing or prototyping approaches that are capable 

of fabricating metallic, polymeric, ceramic or composite structures in a layer-by-layer 

manner from a computer generated design file. AM is also referred to as 3D Printing, Solid 

Freeform Fabrication (SFF), Layered Manufacturing (LM) or Rapid Prototyping (RP). In 

any AM process, parts are first designed using a computer aided design (CAD) software. 

Surface features of the three-dimensional CAD files are then exported to a file typically with 

a .STL extension. The .STL file is the main input file for an AM fabricator where the part is 

built. The surface file is sliced in a virtual environment into many two-dimensional (2D) 

layers. An AM machine then uses those 2D layers of the design file and creates the 

necessary tool-path along the X and Y directions for direct manufacturing. Finally, each 

layer is processed sequentially one on top of the other to form a three-dimensional part. 

Since each part is fabricated by adding layers on top of a previous layer, this type of 
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manufacturing approach is called “additive manufacturing (AM)”. AM fabricators utilize 

many conventional manufacturing techniques to build each layer. For example, Fused 

Deposition Modeling (FDM) is one of the most popular AM methods for polymeric 

materials. FDM works basically by softening a thermoplastic polymeric material and then 

extruding it through a nozzle to create a layer. Extrusion is a common manufacturing 

technique for polymers. However, extrusion of multiple layers based on a computer file to 

create a 3D object is the novelty for FDM. Thus, it can be seen that additive manufacturing 

borrows conventional manufacturing concepts and utilizes them in a non-traditional way to 

directly build 3D parts without using any part-specific tooling.

However, there are many differences between additive and conventional manufacturing. 

Conventional manufacturing processes are evolved to manufacture a large variety of parts as 

fast as possible, maybe even in high volume. Starting from raw materials to a finished part, 

processes are optimized for the highest yield. A simple example of such manufacturing 

principles is the steel industry, where high volume, low-cost fabrication processes like 

casting, forging or rolling are commonly practiced. After fabrication, parts are machined per 

customer requirement. In this machining stage, the material is removed and sometimes can 

be expensive as well as time-consuming. Finally, different components are assembled into a 

single system. The entire process from the design stage to the actual part realization is long 

but cheap for large volume production. AM, on the other hand, is a material-specific and 

design-specific system. Realization of high yield and low cost are not always mandatory. 

AM methods are unique in the situations where the production volume is not high, the cost 

of production is not the biggest concern but the part design realization and its application are 

the primary governing factors. In terms of the difference in the manufacturing process, AM 

methods are not designed, with the exception of a few, for large volume production. 

Specifically, most AM setup can fabricate only a few parts of smaller volumes or lesser 

number of parts of larger volumes. A machine at times can be capable of fabricating more 

than one component but the material system will be the same. Therefore, the cost of 

manufacturing is independent of the volume of production to some extent. As an example, 

consider that the build chamber of a machine is 1000 cm3 (10 cm × 10 cm × 10 cm) and the 

part to be fabricated is 800 cm3, the machine is capable of processing only a single part at a 

time and will take a long time along with more feedstock consumption. And if a hundred 

such parts are required to be manufactured, the cost of manufacturing will be the same for 

each of those hundred parts and the time required will be the time for hundred parts will be 

the time required for one times hundred- unless a hundred machines run simultaneously or 

there is machine that has a very large build volume to accommodate more than one part; 

both scenarios pointing towards more initial machine cost. Now consider that the volume of 

the part is 100 cm3, then theoretically, each machine can fabricate ten parts with more 

efficient consumption of the feedstock material and therefore the cost of production can drop 

- all relative to the former example. The relationship between the cost of production and the 

volume of production is therefore dependent on the capabilities of each machine, the size of 

each part and also the material cost. On the contrary, for conventional manufacturing 

processes such as casting, the cost of manufacturing will always tend to go down with 

increasing volume of production. Typically, the size of the casting only has a significant 

effect on the initial die making operation and not so much on the following operations in 
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production such as post-machining. The current efforts in additive manufacturing are 

focused towards bringing such production costs down and making the processes more 

efficient and competitive even for a large volume of parts compared to different conventional 

approaches.

Biomaterials are natural or synthetic materials that are useful towards the repair of damaged 

body parts via interacting with living systems. These materials are used to either replace a 

component of the human body or support physiological functions. As such, biomaterials 

interact with the human cells or tissues or organs and sometimes even carrying out their 

functions. Over the last five decades, all classes of materials including metallic, ceramic, 

polymeric and composite have drawn engineers and scientists for biomedical applications. 

Initially, there was very little understanding of “biocompatibility” of materials. However, the 

current situation is different. With the advancement of our understanding of biological 

properties that are desired in a material for biomedical applications, unique material 

properties are constantly pursued to cure different diseases to improve the quality of human 

life. Naturally, manufacturing of biomaterials is becoming an important topic to improve 

reliability and reduce the risk of rejection by the human body. Advanced manufacturing 

techniques are constantly being explored to process biomaterials to reduce cost, minimize 

inventory and maximize performance in vivo. Apart from single component manufacturing, 

advanced manufacturing sciences are also being explored to produce multi-part structures 

that are difficult to manufacture using conventional routes. Such structurally or 

compositionally gradient parts can act as multifunctional biomedical devices and improve in 
vivo performance.

An example of this combined necessity of properties can be seen in a hip stem of a total hip 

replacement. The metallic hip stem must possess the right blend of mechanical strength, 

structural stability from fatigue loading, and biocompatibility. Furthermore, for better 

integration with the surrounding bone tissues, a porous metallic outer layer or a bioceramic 

coating are desired. Because of such complex combinations of materials and structures, 

multiple processing steps are necessary to manufacture these hip stems. Typically, the 

metallic components are first made using techniques such as casting or forging. Before the 

actual parts are processed, a pattern has to be created. This pattern is then used to create the 

mold in the shape of the required part. After processing is done, the part has to be machined 

to remove excess materials. Following this machining treatment, the part has to be machined 

again to attain the desired surface finish. Many times, to obtain the desired properties, post-

processing heat treatment may be needed. If specialized surface properties are required, a 

secondary process can be used. For example, if a bioceramic such as calcium phosphate 

coating is required over the conventionally processed part, a process such as plasma spray is 

used to deposit the ceramic coating. However, if the parts are produced via additive 

manufacturing, the highest costs involved are the costs of the AM machine and raw 

materials. Comparing the process setup, there are no costs involved in specific pattern 

making or tooling. After AM based processing, machining may be needed to get the desired 

surface finish. Key advantage towards AM of biomedical devices lies in patient-specific 

device manufacturing. In some AM approaches, secondary processing such as depositing a 

bioceramic coating on a metallic hip stem can also be integrated.
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However, there are some disadvantages of AM methods apart from the initial setup costs. 

Most additive manufacturing methods use metallic or ceramic powder materials. The costs 

of such specialized powders can be high. Polymeric materials are comparatively cheaper and 

most are used in the form of wire or filament in AM methods although many are used in 

powder forms or via a suspension or a solution. AM machines also need to be optimized for 

the specific material. This process is essential to ensure that the properties that result from 

processing are reproducible. From a production point of view, there is a need for having 

different machines or individual machines for each material to avoid contamination. This 

can further increase the investment needed for industrial scale production.

2. Classification of additive manufacturing techniques

There are two main categories of additive manufacturing techniques for biomaterials – (1) 

acellular and (2) cellular. The acellular category involves printing materials without any live 

cells. The cellular category involves the printing of live cells along with other materials. The 

American Society for Testing of Materials (ASTM) has provided a guideline for 

classification of different additive manufacturing techniques [1]. Fig. 1 schematically shows 

different AM techniques for biomaterials. Also, the following section briefly discusses some 

of the important AM techniques that are used to process biomaterials.

2.1. Binder jetting

In binder jetting technique, the liquid binding agent is spread to a selected area on the 

powder bed based on the part geometry to form a designed structure layer by layer [1]. A 

typical binder jetting system has three axes where x and y are responsible for horizontal 

position, and z- axis refers the depth for x and y. Commercial binder jetting systems are 

available from ExOne and Voxeljet. Binder jetting requires an understanding of many 

process variables for a successful build, which is briefly described in the following section.

2.1.1. Powder selection—A broad range of materials such as sand, ceramic and metal, 

which can be formed into appropriate powders for certain binder interaction, can be used in 

binder jetting. In addition, binder jetting is able to be conducted not only on dry powders, 

but on wet powders as well. The requirements for dry and wet powder binder jetting are very 

different. However, there are two mutual important factors which can affect the binder 

jetting printing process, as shown in Table 1.

– Powder size:  Powder size has significant effects on powder flowability. Generally, large 

particles are preferred by dry binder jetting because of its excellent flowability and low 

surface area. Fine powder is usually spread as slurry because it is easy to absorb moisture 

due to the high surface area, which leads agglomeration and affects powder flowability [8]. 

However, there was a contradictory study which reported parts prepared by binder jetting 

using fine powder (<20 μm) also had high mechanical strength [9]. Besides effects on 

powder flowability, powder size also has huge influences on the property of final parts. 

Binder jetting by fine powder is able to improve the density of final parts after the post 

processing, such as sintering. In addition, fine powder binder jetting can offer better surface 

finishing and low surface roughness.
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– Powder shape:  Powder shape has less influence on binder jetting than particle size. 

However, for dry binder jetting, spherical powders are preferred because of its better 

flowability and lower friction than faceted or anisotropic powders [6,7].

Coarse and fine powders can also be applied together in binder jetting in order to gain 

advantages from both large and small particles. The large particles will guarantee the 

flowability under dry binder jetting when the small particles fill voids between large 

particles to increase the packing density and inherit advantages via using fine powders [10]. 

However, the ratio of the fine powder to coarse powder needs to be optimized in case that 

the addition of fine powder decreases the flowability of the mixture, which will be 

deleterious to the powder packing. Zhou et al. reported a study for effects of particle size on 

binder jetted calcium sulfate/calcium phosphate scaffolds. Interestingly, the addition of fine 

calcium phosphate powder did not increase the bed packing density. The flowability was the 

predominant factor, which leads rougher surface and low packing density due to the addition 

of the fine binder as shown in Fig. 2 [11].

2.1.2. Binder selection—There are two types of binders – organic and inorganic. An 

organic binder binds the powder through the curing process, while the inorganic binder 

binds via colloid gel formation [12]. Binders can also be classified as acid-base binder, metal 

salts binder, and solvent binder. Acid-base binder controls the powder bonding through acid-

base reaction. Metal salts binder generally forms the bonding with powder by salt 

recrystallization, reduction of salt crystallization or salt displacement reaction. The solvent 

binder is specialized for polymeric powders, which can dissolve the deposited area and 

create designed structure after solvent evaporation. In addition, based on different binding 

mechanisms, there are in-bed binders, phase-changing binders, and sintering inhibition 

binders. The in-bed binder is different from normal liquid binder due to the source of binder. 

In-bed binder mostly mixes with the powder in the bed and then binds with powder through 

the jetting liquid from the nozzle. Typical examples are plasters and cement, where the 

binding is formed via hydration-activated bonds when liquid jets on the powder bed 

[3,13,14]. Phase-changing binder works by solidification of binder to hold the powder 

together. Finally, sintering inhibition binder can control the sintering area via selectively 

jetting heat-isolating material. Table 2 summarizes different binders to understand their 

advantages and disadvantages.

2.1.3. Printing—The main purpose of the printing process is to inkject binder from the 

jetting head to the build stage for selective binding. As for the machine itself, it can be 

separated into four parts - feed stage, leveling roller, build stage and binder jetting head. The 

function of feed stage is to have dry powder or slurry for powder feeding. For dry powder 

binder jetting, the powder must be dry and compact in order to have a good layer spreading, 

which indicates deposited layers with smooth surface and uniform thickness [32]. For wet 

powder binder jetting, the solid is mixed with a liquid carrier to form a homogeneous slurry. 

Sometimes, dispersants are added to decrease the viscosity and to increase solids loading of 

the slurry. After formation of an excellent powder packing or slurry forming on the powder 

bed, leveling rollers are needed for feeding the powder from the feed stage to the build stage. 

There are various types of leveling rollers for different applications. For dry powders, the 
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most common one is traversing counter-rotating roller, which rotates the opposite direction 

to the traversing direction and is able to feed new layers from the powder bed without 

disturbing the previous layers [24]. This kind of roller can also be vibrated and charged to 

assist in powder flow [32,33]. Other rollers for dry powder spreading are charged plates, 

traversing doctor blades and rotating sieve drums [7,34]. Liquid slurry is usually spread by 

slip casting where the rheology of the slurry is very important. After each layer of slurry 

feeding, the liquid carrier needs to dry out first in order to expose all solid material. The 

packing density for slurry feeding is usually higher than dry powder feeding, but slurry 

feeding has a longer build time and a greater risk of cracking during the printing process 

[35,8].

The next step is to print the designed structure. There are two types of print heads: drop-on-

demand (DoD) and continuous-jet (CJ). DoD print heads print structure using drops of 

liquid, which are dispensed on demand. Two major DoD print heads are thermal ink jet and 

piezoelectric. The mechanism for thermal inkjet head is to vaporize binder in the print head 

for creating volume expansion followed by jetting of the ink [36]. For the piezoelectric head, 

it is able to squeeze the ink due to piezoelectric actuation [36]. CJ type print heads can 

produce continuous jetting of ink. Detailed information about different print heads along 

with their advantages and disadvantages are listed in Table 3.

After printing each layer, the build stage goes down for the next layer of printing. During 

printing, binder saturation level represents the ratio of ink to bed pour volume, which is 

dependent on droplet spacing and size, bed packing density and layer thickness [39]. 

Saturation level shouldn’t be too high, as it might lead to excess powder binding causing 

uneven surface on the build bed; however a low saturation level can result in insufficient 

binder penetration into the powder [13,40]. Drying time is also an important factor, where 

enough drying time is needed to let binder fully bound with powder for preventing cracking 

during printing. Finally, the preferred layer thickness should be at least three times that of 

the powder particle size [8]. If the powder is a composite, the layer thickness should be 

higher than the largest particle size of the composite powder to achieve excellent powder 

spreading [3]. The printing process can be visualized from Fig. 3 [41].

2.1.4. Post-processing—After printing, in order to get the part, the excess powder 

should be removed from the part followed by heat treatment and in some cases, infiltration. 

The goal of the post-printing process is to enhance bonding between powder and binder in 

order to improve the green strength of the parts. For some polymer binder, curing is one 

possible solution to increase the bonding strength via further polymerization without 

influencing the loose powder [42,43]. Another method for enhancing the mechanical 

strength is by drying because it removes the extra liquid in the part, especially for cement 

and plaster-based materials [14]. Besides these two, other options include selective sintering 

with sintering inhibitors [31], reduction of a salt-based binder [27] and pre-ceramic polymer 

conversion [19]. After the part has enough mechanical strength, depowderization is normally 

conducted to remove the loose powder from the part. Options, such as vibration, vacuuming, 

and wet depowderization, are commonly utilized methods [38,42,44]. Additional processes 

such as microwave boiling [45], carbon dioxide bubbling [46] and ultrasonication [40] can 

be assisted with wet depowderization. After depowderization, parts are heat treated or 
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sintered to improve density and mechanical property. For sintering methodologies, 

conventional and microwave sintering are two commonly practiced approaches. 

Conventional sintering is done in a regular furnace via surface heating however, microwave 

sintering is done in a microwave furnace through the absorption of microwave energy. It has 

been shown that microwave sintering can significantly increase the density and compressive 

strength of porous tricalcium phosphate (TCP) parts by binder jetting compared to 

conventional sintering and shown in Fig. 4 [47].

Some sintered parts are infiltrated with a second material to further improve mechanical 

properties. Infiltration can be divided into low-temperature and high-temperature processes. 

The materials for low-temperature infiltration are mostly polymers such as epoxy [14] and 

polycaprolactone (PCL) [48,49]. However, many alloys can be infiltrated at high 

temperature. It was reported that a SiC–Si composite part was prepared by carbon powder 

printing followed by Si infiltration at 1450 °C with the assistance of vacuum [50]. Besides 

mechanical improvement, the infiltration also provides a new way to fabricate composite 

parts.

2.2. Direct energy deposition techniques

In direct energy based techniques, a direct source of energy is used to simultaneously 

deposit, melt and solidify the material that is either fed as a powder or as a filament or wire. 

The “direct energy” source is typically laser or electron beam. These processes depend on 

the continuous feeding of the starting material either in the form of powder or filament that 

are then melted by the energy source and deposited in a layer-wise pattern. A computer 

controlled XYZ system controls the part geometry and build pattern in these processes. The 

processes coming under this category are mainly applied to metals but in some instances 

have also been applied to polymeric, ceramic and composite materials. The most popular 

processes that fall under this technique are Laser Direct Deposition techniques that 

encompass: laser cladding, laser melt injection and laser engineered net shaping (LENS™). 

Processes like electron beam direct manufacturing (EBDM) also fall under direct energy 

deposition techniques. For better organization of different techniques under this category, 

various approaches are grouped either as techniques for surface modification or for 3D part 

fabrication as shown in Fig. 5. Surface modification can be achieved using additive 

manufacturing routes for improving the surface performance of the material whereas 3D part 

fabrication means near net shaped functional component manufacturing.

2.2.1. Laser melt injection and laser cladding—In all of these techniques, a 

focused high-power laser is used to melt and solidify materials onto a substrate. Some of 

these techniques are used for developing different types of coatings or surface modification, 

whereas some can be used for fabrication of a complete part. All of these techniques 

resemble each other in terms of material injection and motion control. The earliest form of 

surface modification using the term “laser cladding” or “laser melt injection” was simpler 

and slightly different than the current methods. These were processes in which powder was 

preplaced and compacted on the surface of the substrate. The powder was heated using a 

high powered laser surface scanning. This scan caused melting and bonding of the powder to 

the substrate along with localized sintering. With the advancement in computer numeric 
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control (CNC) systems and powder/wire delivery systems, these methods soon evolved into 

the current day techniques of powder-based additive manufacturing.

Laser melt particle injection was one of the earliest precursors of the modern powder based 

direct energy additive manufacturing. Ayers et al. showed how the surface of the metallic 

substrate can be micro-melted and fine ceramic particles can be injected into this micro melt 

pool. Similar to the laser melt injection in which powder is injected into the micro-melt pool, 

laser cladding can also be done [51]. Both laser melt injection and laser cladding can be 

done using material feed in the form of powder, wire or filament. Fig. 6 shows typical laser 

melt injection using powder feed and laser cladding using a wire feed [52,53]. Using a 

computerized motion control, the material can be deposited along X, Y and Z axes as well as 

on rotating parts, both inside and outside.

2.2.2. Direct laser deposition—Direct laser deposition techniques use a feed of 

material, either in a powder form or wire/filament form, to form a three-dimensional part. 

These techniques can also be used for selective surface modification of materials. Another 

way of collectively recognizing these methods is laser powder forming or laser based metal 

deposition (LBMD) [54]. Laser Engineered Net Shaping (LENS™) is a commercially 

available approach that belongs to the class of direct laser deposition techniques.

LENS™ technology was originally developed by Sandia National Laboratory (Albuquerque, 

NM), and commercialized by Optomec Inc. (Albuquerque, NM). LENS™ is equipped with 

a high power laser (up to 4 kW, solid state or fiber optic laser). There are multiples powder 

feeders available, and a mixture of powders can be fed through Argon pressurized nozzles. 

The powder is delivered through multiple delivery nozzles into a converging point which is 

also the focal point of the laser. Upon delivery, the powder melts and forms a micro-melt 

pool. This melt pool adheres to the substrate/base plate that moves along the X and Y axes. 

As the base plate moves, the system creates a line of molten material that is instantly 

solidifying to create a cross-sectional layer. Once the layer is done, the nozzle and the laser 

assembly move up along the Z direction by one layer thickness and deposits another layer on 

top of the previous layer. Such a repeated layer-wise deposition of material creates a three- 

dimensional (3D) component based on the original CAD file. The entire build assembly in a 

LENS™ system is enclosed in a glove box under a controlled environment. This helps to 

prevent any oxidation of build material during deposition. A schematic of the LENS™ 

technology is shown in Fig. 7 [55].

2.2.3. Electron beam direct manufacturing—Electron beam direct manufacturing or 

EBDM uses an electron beam to melt materials and deposit them in a 3D pattern similar to 

that of direct laser deposition technique. The materials in the EBDM process are fed in the 

form of a wire or a filament. Since electron beam is the direct energy source in the EBDM 

process, the process is carried out under high vacuum to prevent the ionization of the 

atmospheric gases. This eliminates the need for using an inert gas like argon typically used 

in laser-based processes since the use of vacuum eliminates any other contaminants such as 

oxygen or nitrogen that may enter the material from the atmosphere. Commercially, EBDM 

process is available from Sciaky Inc. (Chicago, Il, USA) under the brand name Electron 

Beam Additive Manufacturing (EBAM™).
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Different processes discussed under the direct energy deposition technique for additive 

manufacturing have been demonstrated successfully for a variety of metallic materials such 

as steels, super alloys, Co-based alloys, Ti based alloys and bulk metallic glasses. Many 

sensitive materials such as pure Ti, Si, Ta, W and Zr; ceramic materials such as alumina, 

zirconia, and different carbides and composites of metal and ceramics have also been 

demonstrated [56–60]. Apart from the different material systems that these techniques are 

capable of processing, these techniques have also been utilized for fabrication of structurally 

graded materials with differing porosity in different parts of the components [61], 

compositionally graded materials and manufacturing of multi-material systems [62–65].

2.3. Material extrusion and jetting

In this approach, extrusion of material is utilized to form a 3D part. This process is 

commonly known as fused deposition modeling (FDM) [66]. FDM technology is mainly 

applied for direct 3D printing of plastics or polymeric materials. This is due to the relatively 

lower softening temperature of polymeric materials as compared to metallic or ceramic 

materials. The FDM is a hot extrusion method in which a material is heated up until it flows. 

In thermoplastic polymers, the material softens during heating and hence can be extruded or 

squeezed through a nozzle. The extrusion rate and resolution are controlled for different 

builds using a pre-determined nozzle. When the material is extruded in a layer-wise fashion 

comprising consecutive raster scans in each layer, a 3D part, based on a CAD design, can be 

formed. Fig. 8 shows a schematic of the FDM process [67]. A modified version of the FDM 

process, called fused deposition of ceramic (FDC), has also been used to process green 

ceramic structures [68]. Controlled by the limitation of the applicable material, FDM 

technology can only fabricate polymer parts. However, ceramic constructs can also be 

prepared using indirect FDM as reported by Bose et al. [69]. A polymer mold with 

honeycomb structure was first made by FDM. Then the ceramic slurry was infiltrated to the 

mold followed by the sintering to remove the mold. Ceramic parts with controlled pore size 

and pore porosity were successfully prepared using this indirect FDM method. The whole 

processing schematic and part microstructure were shown in Fig. 9 [69].

A deviation from additive manufacturing using material extrusion is the process that uses 

material jetting. In material jetting process, droplets of polymeric material are deposited on a 

powder bed to form a 2D pattern. These deposited droplets are then immediately cured using 

ultraviolet radiation. Fine layers can be formed in this manner and the process is repeated for 

a number of layers to form a complete 3D part. This technology was introduced by Stratasys 

Inc. under the name PolyJet in 2007. There are also secondary nozzles for jetting the 

droplets of secondary materials as a support material, much like the support structures 

created in the FDM processes. The PolyJet technology (Fig. 10) has also demonstrated 

capability to create combinations of different materials, something that was not previously 

achievable using the FDM technology [70].

2.4. Powder bed fusion

Powder bed fusion utilizes thermal energy to fuse certain areas on the powder bed. The 

advantages include its high dimensional accuracy for making small complex parts, 

fabrication without supports, and a broad range of printable powders. This process is similar 
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to dry powder binder jetting except the use of thermal energy to bind the powder instead of a 

jetting binder. Powder bed fusion (PBF) is one of the first generation of commercialized 

additive manufacturing processes. Within PBF, selective laser sintering (SLS) was the first 

PBF process developed and commercialized [71]. Selective laser melting (SLM) is another 

PBF process [72]. Newer PBF technologies, such as direct metal laser sintering from EOS 

(Krailling, Germany), electron beam melting from Arcam AB (Mölndal, Sweden) and laser 

curing from CONCEPT LASER (Lichtenfels, Germany), were also developed for different 

application fields [73].

The printing process for powder bed fusion is following similar steps as the binder jetting. A 

schematic of the process is shown in Fig. 11 [74]. Briefly, the energy source fuses the 

powder after each layer feeding, which results in the construction of the 3D structure via 

layer-by-layer deposition. However, during the printing process, there are some significant 

differences compared to binder jetting. Before printing, a preheating process is necessary till 

it reaches the temperature slightly below the glass transition or melting point of the powder, 

which can decrease the power requirement of the energy source and facilitate powder fusion 

[71]. Initial heating is also beneficial to decrease the temperature gradient and minimize the 

thermal distortion in the final part.

Another important difference is the printing environment. Unlike the open environment in 

binder jetting, an oxygen free environment is needed for powder bed fusion to prevent 

oxidation of the feedstock powder. Some protective gas environments, such as nitrogen for 

non-reactive powder, argon for reactive powder, and vacuum for electron beam source, are 

common for powder bed fusion [74,75]. According to different thermal energy sources, 

powder bed fusion can be further divided into laser and electron beam based powder bed 

fusion.

Laser Energy: For the laser powder bed fusion, it can be further separated into selective 

laser sintering (SLS) and selective laser melting (SLM). The differences are their powder 

fusing mechanisms and material options. SLM fully melts the material and forms a 

homogeneous part. It is a single material process since the melting points of different 

materials are not be the same, but alloyed powders can be used. However, for SLS, the laser 

heats the powder to a point that it can molecularly fuse together at the surface. Table 4 lists 

different laser-based PBF technologies.

Electron Beam Energy: Electron beam melting (EBM) uses electron beam as the thermal 

energy source to selectively fuse powders together. The process is very similar to SLM 

except electron beam uses vacuum environment to build [76]. The EBM is a faster process 

compared to SLM. The main purpose of using vacuum environment is to improve the quality 

of the electron beam and prevent the contamination of powder or the built material due to the 

atmospheric gases [77]. Table 5 shows a direct comparison between the SLM and the EBM 

processes [74].

Post-processing: The most important post-processing for PBF is slow cooling. A slow 

cooling to the room temperature is crucial to prevent warping and cracking. Decreasing the 

cooling rate is an effective way to minimize thermal distortion, but it takes longer time. 
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Other post-processing steps such as polishing, machining, hot isostatic pressing, shot 

peening and heat treatment are also used depending on applications of AM fabricated parts 

[74].

2.5. Vat polymerization

Vat polymerization, the first commercially available additive manufacturing technique, 

produces parts via selectively curing liquid photo-reactive polymers. It is commonly known 

as stereolithography (SLA). This method is featured with high building accuracy, fast 

building rate and excellent part quality. The resolution of vat polymerization can reach as 

high as 200 nm with excellent surface finish [78]. In addition, this process offers options to 

manufacture parts in large size with different materials such as polymers, metals, and 

ceramics.

Polymerization Reaction and Photo-reactive Materials: There are two major types 

of polymerization for vat polymerization, free-radical and cationic polymerization. Free-

radical polymerization happens when photo-reactive polymers first form long chains and 

then get close to each other followed by crosslinking reaction. The most common photo-

reactive material for free-radical polymerization is acrylates. This method offers high 

reaction speed, but challenges include high shrinkage and mechanical failure including 

curling and warping [79]. Another reaction usually starts with a polymer with ring structure 

such as epoxies. When cationic polymerization happens, those rings open leading to active 

positions for other chemical bond formation [80]. Since the number and structure of the new 

bonds are very similar to the original chemical bond, it results in little curling, warping, and 

shrinkage. Sometimes we can also combine these two different polymerization methods to 

achieve faster build with excellent part quality. Besides photo-reactive materials, 

photoinitiators are also crucial to decrease the requirement of thermal energy for 

polymerization. Its function is similar to a catalyst in chemical reactions. Fig. 12 shows 

equations for free-radical and cationic polymerizations. “R” usually is a functional branch 

including vinyl groups [80]. The crosslinking mostly happens at R sites under vat 

polymerization. Table 6 summarizes photo-reactive polymers and photoinitiators for vat 

polymerization.

Processing Steps: The general process starts from the formulation of the solution in the 

vat. Sometimes dispersants are mixed with other necessary components to achieve good part 

quality. Then according to the CAD file, the radiation pattern is reflected on the solution 

surface to initiate polymerization of photo-reactive materials. After curing of one layer, the 

platform moves down for the polymerization of another layer on top till the entire process is 

done. During the process, two factors, cure depth and cure width, are important to control to 

achieve high-quality parts [81,92]. There are three configurations for the radiation sources, 

which is worth mentioning for understanding differences during the polymerization process. 

Fig. 13 shows the schematic of those three set-ups [71]. The vector scan is like the early vat 

polymerization process. One laser beam works as the radiation source through the focus and 

projection using optics and a scanning galvanometer for polymerization in the vat. The 

advantage of this method is its high resolution and excellent surface finish. The second 

method, mask projection, is different than a vector scan method. Instead of curing from one 
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point to the next one, the radiation source can generate a large pattern using a digital 

micromirror device (DMD) and cure one layer at a time. Hence the most significant 

advantage of this method is the high building speeding. The last method is called two-photon 

vat polymerization, which indicates that two laser beams get involved during the process. 

Curing only starts at the intersections of two laser beams because of its high energy 

requirement. Besides this difference, the two-photon method doesn’t need a build platform 

as polymerization can be accomplished inside a solution. This method further improves the 

resolution of the process since only the center of the intersection for the two laser beams has 

enough radiation energy to active polymerization [93].

Post-processing: Post-processing steps include three primary sections - cleaning, post-

curing and finishing. Cleaning includes removing the extra solution and supporting material 

around the part. After this process, parts are cured further under radiation source for 

achieving a fully polymerized part with better mechanical properties. Finally, the secondary 

surface finishing operation can be conducted using vapor honing, and bead or sand blasting 

based on application needs.

3. Additive Manufacturing (AM) of different biomaterials

3.1. Additive manufacturing of ceramics

Ceramic biomaterials, namely bioceramics, are relatively new developments for AM because 

of their inherent processing difficulties. Firstly, melting points of ceramic materials are 

generally too high to melt under normal heating methods. Even though we can melt some 

ceramics, they usually have complex phase diagrams, which indicates that the melting of 

these ceramics might cause new phase formation and change their resorption ability. For 

example, β-tricalcium phosphate (β-TCP) can transform to α-TCP under the temperature 

above 1100 °C. Compared to β-TCP, α-TCP is more soluble and biodegradable, which has a 

significant influence on its final applications. Secondly, the high-temperature processing of 

ceramics can cause porosities and cracks. There are three types of porosities, microporosity, 

mesoporosity, and macroporosity. They can all decrease the mechanical properties of final 

parts, but they are also beneficial for cellular growth and implant fixation. Hence, a balance 

between mechanical properties and biological properties should be found for different 

applications. Some other pore parameters, such as pore geometry, pore thickness, and pore 

permeability have significant effects on the through-flow capability, which has influences on 

the resorption rate of final ceramic parts. Cracks are usually formed during the rapid heating 

and cooling due to the high residual thermal stress/strain. It can significantly decrease the 

mechanical properties of final ceramic parts. However, ceramic materials play an important 

role as biomaterials. The best examples for the application of bioceramics are bone and 

teeth. Almost 70% of bone is made of ceramic, whose chemical composition is very close to 

calcium phosphate (CaP). Similarly, teeth also have a large amount of CaP content. AM has 

advantages of small-scale parts manufacturing with complex design and low cost, which is 

beneficial to the patient specific needs for bone and teeth replacement. Even though 

traditional manufacturing can also make accurate molds for producing complex parts, 

sometimes the cost and time to make mold are substantial. This section will describe 
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different bioceramics, such as calcium phosphates, bioglass, and ceramic composites, and 

their processing using various AM technologies.

3.1.1. Calcium phosphate (CaP) ceramics—CaP is a group of ceramic materials 

with calcium ions (Ca2+), different phosphate ions, including metaphosphates (PO3−), 

orthophosphates PO4
3 −  and pyrophosphates P2O7

4 − , and sometimes hydroxide or 

carbonate ions. Because of its compositional similarity with bone and teeth, CaPs are 

popular bioceramic materials. However, significant differences exist in physical, mechanical 

and biological properties of various CaPs. Ca to P ratio is one important factor that 

influences the dissolution property of CaPs where the dissolution rate of CaPs increases with 

a decrease of Ca to P ratio [94,95]. Low Ca to P ratio leads an acidic environment and 

increases CaPs dissolution rate. The bioactivity of CaPs is also controlled by Ca to P ratio. A 

Ca to P ratio close to 1.67 represents hydroxyapatite (Ca10(PO4)6(OH)2), which has shown 

excellent biocompatibility due to similarity with the composition of natural bone and teeth. 

However, Ca(H2PO4)2·H2O (Monocalcium phosphate monohydrate, MCPM), whose Ca to P 

ratio is 0.5, is not biocompatible at all because of its high acid nature. In addition, it was 

reported that the Ca to P ratio between one and two is beneficial for osteoblast cells viability 

and the alkaline phosphatase production [96]. Table 7 lists the dissolution behavior and Ca 

to P ratio of different CaPs materials [95,97].

Hydroxyapatite (HA):  HA is found in the bone and usually written as Ca10(PO4)6(OH)2 

instead of Ca5(PO4)3(OH) because it contains two entities in one single crystal. The Ca to P 

ratio of HA is 1.67, which has better biocompatibility than other CaPs. Many AM 

approaches have been used to make HA based parts for biomedical applications.

Vat polymerization is an effective method for preparing complex HA parts by mixing HA 

powder with photoactive polymer and additives, curing the suspension using laser pattern 

and then heat treating the parts to remove polymeric binders followed by densification. 

Griffith et al. reported effects of HA loading percentage on the viscosity of the HA 

suspension and curing parameters for vat polymerization of HA [98]. The maximum HA 

loading used in this study was 45 vol%. It was reported that ceramic loading percentage was 

inversely proportional to cure depth of penetration. Chu et al. reported a method using vat 

polymerization for making resin molds in order to fabricate HA implants with designed 

internal structures [99]. Pore channels of HA parts were between 368 mm and 968 mm in 

diameter. Porosity was in the range of 26% to 52%. This method successfully prepared 

crack-free internal structure with controlled channel size from microstructural images of 

implants cross sections. Woesz et al. presented a similar study of making interconnected 

porous HA structures using vat polymerization processed molds for bone replacement 

applications [100]. HA scaffolds with 450 μm of pore size were fabricated using this 

method. Final scaffolds were also tested with preosteoblastic cell line MC3T3-E1 for 2 

weeks. Excellent osteogenesis by cell staining was reported, as shown in Fig. 14 [100]. For 

those two studies, vat polymerization was not utilized directly on HA, but on the photoactive 

polymer to make a mold. Then the final HA part was prepared through ceramic gel casting 

using the mold followed by sintering to get rid of the mold.
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Shuai et al. reported a laser powder bed fusion method to manufacture bone tissue 

engineering scaffolds using nano-HA powder [101]. Nano-HA based bone scaffolds with a 

pore size of around 3 mm were prepared using SLS. The 50 kW laser power in SLS didn’t 

decompose the HA and maintained the nanoscale structure with no cracks after the process. 

It proved the feasibility of using SLS to process HA constructs. Dense and porous HA 

scaffolds were prepared by Seitz et al. via binder jetting method followed by sintering at 

1250 °C [102]. The compressive strength of dense parts was 22 MPa. Porous scaffolds were 

prepared featured with inner channels having a dimension down to 450 μm and wall 

structures with a thickness of 330 μm, but the mechanical property of porous HA was not 

reported. Leukers et al. also reported porous HA scaffolds prepared by binder jetting method 

and their bioactivity characterized via static and dynamic culturing using MC3T3-E1 cells 

[103]. Under both culturing methods, HA scaffolds were biocompatible. However, samples 

cultured under dynamic culturing conditions showed deeper cell growth inside the scaffolds.

Material extrusion based AM has also been used for making HA scaffolds. In this method, 

the rheological property of HA suspension is very important for successful printing. HA 

loading should be as high as possible to reduce cracking and warping during sintering. 

However, high HA loading increases the viscosity, which makes the extrusion process 

difficult. Miranda et al. reported a robocasting method to prepare porous HA scaffolds for 

the mechanical property characterization by compression testing [104]. The HA slurry 

contained 35 vol% HA, 6.5 wt% of Darvan C dispersant, an appropriate amount of 

hydroxypropyl methylcellulose, DI water, 0.4 wt% of polyethyleneimine (PEI) and HNO3 or 

NH4OH for adjusting the pH. After making the part, scaffolds were sintered at 1300 °C for 2 

h. The final scaffolds were featured with 39% porosity including around 28% macro-

porosity. The compressive strength under two different compression directions was 47 ± 14 

MPa and 50 ± 5 MPa. Dellinger et al. also reported a robocasting method using HA 

suspension for delivering bone morphogenetic protein 2 (BMP-2) [105]. The HA slurry 

composition was 48 vol% HA, 1.25 wt% Darvan 821 A, 1.0 v/o 1-octanol, 2.5 mg/mL 

methocel F4M and DI water. Controlled microporosity was produced by mixing 

polymethylmethacrylate (PMMA) microspheres with HA slurry. Scaffolds were sintered at 

1300 °C for 2 h to remove other contents. Then 10 μg of BMP-2 was added to the scaffolds 

for in vivo characterization in goat metacarpal bone for 4 and 8 weeks. Results showed 

promising potential for making HA scaffolds with randomly interconnected porosity. In 

addition, the presence of BMP-2 and micro-porosity improved osteogenesis of the scaffolds 

as shown in Fig. 15 [105].

Tricalcium phosphate (TCP):  TCP is another popular CaP material. It has three main 

phases, α, α′ and β. β-TCP is the primary TCP phase at low temperature, while α and α’ 

phases are formed at high temperature. TCP has a Ca to P ratio of 1.5, which is lower than 

HA. Lower Ca to P ratio of TCP increases its biodegradation rate compared to HA. Wiltfang 

et al. reported a study using α and β-TCP as biodegradable filling material in tibiae critical 

size defects of mini pigs [106]. After 28 weeks, between 70 and 80% resorption was 

reported for α-TCP and β-TCP, respectively, with newly formed trabeculae. Such results 

make TCP an exciting material towards the development of biodegradable ceramic implants. 
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AM of TCP has been explored for fabricating complex patient-specific parts for bone tissue 

engineering applications.

Vorndran et al. reported a dry powder binder jetting method using 5 wt% 

hydroxypropylmethylcellulose modified β-TCP as the matrix material and water as the 

binder for making porous β-TCP scaffolds [107]. The final parts had low printing resolution 

low specific surface area and a maximum compressive strength of 1.2 ± 0.2 MPa. Tarafder et 

al. reported effects of the microwave sintering and pore size on mechanical and biological 

properties of porous β-TCP scaffolds prepared by binder jetting [47]. Scaffolds with a 500 

μm of designed pore size and 27% of designed porosity microwave sintered at 1250 ° C had 

42.95 ± 1.60% of bulk density and a maximum compressive strength of 10.95 ± 1.28 MPa. 

In addition, porous β-TCP scaffolds with this design showed excellent biocompatibility in 
vitro using osteoblast cells and in vivo using a rat femur defect model, as shown in Fig. 16 

[47].

Felzmann et al. reported a vat polymerization method for making porous β-TCP implants 

using acrylate-based monomers, dispersant, photoinitiator and β-TCP powder, but the β-

TCP loading percentage was only 45 wt% [108]. The density and biaxial strength of final 

parts were 88% and 30 MPa, respectively, with a pore size around 300 μm. A recent report 

showed a novel method for making blood vessel implants with preset inside channels using 

vat polymerization [109]. The parts, which contained 70 wt% β-TCP loading, were made 

without any deformation and crack. In addition, the sintered parts had 45% porosity and a 

compressive strength of 23.54 MPa, which is in the range of the compressive strength of 

cancellous bones. Yuan et al. reported a robocasting method to create porous β-TCP 

scaffolds for the anti-tuberculosis drugs release [110]. β-TCP, paraffin, and other additives 

were used as the ink for printing. Then porous β-TCP scaffolds were sintered at 1100 °C for 

2 h in order to remove the paraffin and densify the scaffold. Anti-tuberculosis drugs, 

rifampin (RFP) and isoniazid (INH), were loaded on porous β-TCP scaffolds with PLGA by 

different steps of centrifuging. Sintered scaffolds had a total porosity of 61.76 ± 2.53%, with 

a 400 μm macro-porosity of 42.5 ± 1.23% and a 2–8 μm micro-porosity of 19.26 ± 2.33%. 

The maximum compressive strength of this kind of scaffold was 3.31 ± 0.64 MPa. In 

addition, this porous α-TCP scaffolds showed excellent biocompatibility in vitro, 

appropriate biodegradation, and controlled drug release, as shown in Fig. 17 [110].

Indirect AM methods are also available for making complex TCP parts. Bose et al. reported 

a method to prepare porous β-TCP scaffolds by removing the polymer mold prepared by 

FDM [111]. The β-TCP suspension containing food grade TCP, 1-Butanol, D-3021 and 

binder B-1001 were infiltrated into the mold. Scaffolds were fabricated after drying and 

sintering of TCP infiltrated molds. The porous β-TCP scaffolds with a pore size of 305 μm 

and porosity of 29% showed the maximum compressive strength of around 1.4 MPa. In 

addition, these porous β-TCP scaffolds showed excellent biocompatibility by in vitro 
characterization using osteoblast cell line for 28 days. Limpanuphap et al. also reported an 

FDM method for creating TCP scaffolds with controlled internal porosity [112]. Molds were 

printed by two materials including the material for the supporting base and the material for 

sacrificing to define the structure of the part. Molds were filled with β-TCP slurry, dried and 

sintered at 1350 °C for 2 h. Sintered scaffolds showed an accurate representation of 460 μm 
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internal pore design, but the mechanical property of this typed scaffolds wasn’t mentioned in 

this study.

Other CaPs:  Apart from HA and TCP, there are other CaP bioceramics with different Ca to 

P ratios. Tetracalcium phosphate (TTCP, Ca4(PO4)2O) has a Ca to P ratio of 2, which is the 

highest in CaPs materials resulting in the lowest degradation among all CaPs. TTCP is a 

widely used component for bone cement [113]. Dicalcium phosphate (DCP, CaHPO4) is 

another common calcium phosphate bioceramic with the same amount of Ca and P. Similar 

to TTCP, DCP is the main component in “brushite” based cement. Table 7 offers further 

details of different CaPs materials [95].

The self-setting reaction of calcium phosphate based cement can be used for AM process. 

Acid solution can be applied as a binder to print on TTCP or DCP powders for binder jetting 

process. A mixture of calcium phosphate powder with a Ca to P ratio of 1.7 (method A) and 

TTCP/DCP composite (method B) were printed based on the cement setting reaction using 

binder jetting technology [107]. Method A had better printing resolution than method B. 

Scaffolds prepared by method A had 7.4 ± 0.7 MPa of compressive strength and 56% 

porosity. Scaffolds prepared by method B had only 1.2 ± 0.2 MPa and 60% porosity. 

Klammert et al. also reported a binder jetting method using the reaction between TCP and 

phosphoric acid to create brushite implants for cranial and maxillofacial defects fixations 

[114]. Then brushite implants were hydrothermally converted to monetite. Final parts were 

made with high resolution and accuracy, as shown in Fig. 18. In addition, implants showed a 

3.9 ± 0.5 MPa of point bending strength with a 34.6% porosity. In another study, brushite 

and monetite implants were prepared using the similar method for in vivo characterizations 

[115]. The microporosity of monetite and brushite was 44% and 38% and the specific 

surface area was 6.09 and 3.60 m2/g, respectively. Intramuscular implantation of both 

scaffolds demonstrated their excellent osteoinductivity by histomorphometric data from 

biological stainings. Brushite and monetite scaffolds prepared using this method can be used 

as the matrix for drugs and angiogenic factors release [116,117]. Scaffolds can absorb 

vancomycin hydrochloride, ofloxacin, and tetracycline hydrochloride and release them in a 

controlled behavior by post treatment with PLA/PGA polymer solutions [117]. In addition, 

in vivo characterization showed enhanced angiogenesis with the presence of copper and 

Vascular endothelial growth factor (VEGF) [116].

3.1.2. Bioglass—Bioglass is a type of bioactive ceramic material containing P2O5, SiO2, 

CaO, Na2O and CaO in different ratios. Some commercially available bioglass compositions 

include bioglass 45S5, which binds to bone and soft tissues, and bioglass 5S4.3 (Ceravital), 

which binds to only bone tissues. The major advantage of bioglass is its excellent 

bioactivity. 45S5 bioglass is a widely used commercial bioglass for bone tissue engineering, 

which has been demonstrated to be beneficial to osteogenesis in vitro and in vivo [118,119]. 

However, due to its poor mechanical properties, it is not suitable for load-bearing 

applications.

Eqtesadi et al. reported a material extrusion process using a water-based bioglass 45S5 

suspension containing poly (methyl vinyl ether) and carboxymethyl cellulose (CMC) 

additives for controlling rheological property of the material suspension [120]. The addition 
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of CMC enabled tuning the rheological properties of ink suspension to meet the stringent 

requirements of robocasting. This approach was used to study effects of sintering 

temperatures on compressive strength, density, and microstructure of scaffolds [121]. The 

compressive strength and density increased with the increasing of sintering temperature. A 

maximum compressive strength of around 13 MPa was reported for scaffolds sintered at 

1000 °C for 1 h, which had a total porosity of 60% and pre-designed macroporosity of 50%. 

Lusquiños et al. reported a selective laser sintering method using bioglass 45S5 and S520 for 

making implants [122]. Since the melting point of bioglass was lower than calcium 

phosphates, the powder bed fusion of bioglass was much easier than CaPs ceramics. Crack 

free three-dimensional geometries were prepared with different laser processing parameters. 

The bioactivity of SLS processed bioglass was also unchanged by showing the apatite 

formation.

Tesavibul et al. a vat polymerization method using 43% of 45S5 bioglass and acrylate-based 

photoactive polymer for of making porous cellular structures [123]. Bioglass based cellular 

structure with tailored porosity could be prepared to mimic the structure of the trabecular 

bone. The cellular constructs were featured with a porosity of 50%, a biaxial strength of 40 

MPa and a compressive strength of 0.3 MPa. This method showed the possibility of using 

vat polymerization for manufacturing bioglass materials. A more recent study increased the 

45S5 bioglass loading to 70% percent using digital light processing (DLP) based vat 

polymerization setup to improve the mechanical property of the final part [124]. Final 

scaffolds were featured with a density of about 2.7 g/cm3, a high biaxial bending strength of 

124 MPa, a Weibull modulus of 8.6 and a characteristic strength of 131 MPa. The high 

density and excellent mechanical properties of final scaffolds showed the potential using this 

method for processing load bearing bioactive glass scaffolds. Binder jetting technology of 

bioglass was also reported for making multifunctional scaffolds using mesoporous bioactive 

glass (MBG) and polyvinyl alcohol (PVA) binder for controlled release of the drug [125]. In 

this study, four different pore sizes, 1307 ± 40, 1001 ± 48, 624 ± 40 μm, and 200 μm, as well 

as two different pore geometry, square and parallelogram shape, were used for preparing 3D 

printed MBG scaffolds. Final scaffolds for further characterizations had a square pore 

morphology, the pore size of 1001 μm, the porosity of 60.4%, compressive strength of 16.10 

± 1.53 MPa and a modulus of 155.13 ± 14.89 MPa. Dexamethasone was loaded on scaffolds 

and released in a sustained behavior till day 10, as shown in Fig. 19 [125]. In addition, 

scaffolds showed lower cell proliferation, but higher alkaline phosphatase (ALP) expression 

than the control. This method provides a new way to make scaffolds with controlled pore 

structure, high strength and low brittleness without a second high-temperature sintering.

Bioactive glass 13–93 is a new generation of bioglass containing a higher silicate percentage 

than 45S5 glass, which has been proved to have superior mechanical properties, such as 

compressive strength and elastic modulus, and better osteogenesis in vitro and in vivo [126–

128]. Kolan et al. reported a powder bed fusion method using 45S5 glass as matrix and 

stearic acid as the binder to facilitate laser sintering [129]. This method was flexible for 

making scaffolds with different pore size with no crack formation. The maximum 

compressive strength reported in this study was 20.4 ± 2.2 MPa featured with 50.3 ± 0.8 

porosity. In addition, scaffolds prepared using this method showed excellent bioactivity by 

showing apatite formation in SBF and high cell proliferation and adhesion using MLO-A5 
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cells. A similar method was also used for making 13–93 and 13–93B3 bioactive glasses, in 

which silicate was replaced with borate for faster degradation [130]. Cubic, spherical, X, 

diamond, and gyroid pore architectures were used for making porous bioglass scaffolds. In 
vitro characterization was conducted using a mouse osteoblast cell line. Results showed 

gyroid and diamond architectures had better cell proliferation compared to other designs. It 

provided an option to manufacture scaffolds with complex design, large surface area and 

curvature for improving cell adhesion and growth, as shown in Fig. 20 [130].

3.1.3. Ceramic composites—Instead of single ceramic composition, composites have 

also been used for different biomedical applications. Different CaPs were combined over the 

years for scaffold fabrication. HA has excellent biocompatibility, but the biodegradation rate 

is too low. Hence it is usually mixed with TCP, which is called biphasic calcium phosphate 

(BCP), for tailoring its biodegradability. Detsch et al. reported a binder jetting method using 

the BCP powder for making bone tissue engineering scaffolds [131]. The BCP powder used 

in this study was spherical with 60 wt% of HA and 40 wt% of TCP. The final scaffolds were 

featured with 53.1 ± 1.5% open porosity, but the mechanical property of the scaffold was not 

mentioned. In addition, scaffolds were tested using monocytic cell line RAW 264.7 for 

analyzing their effects on osteoclastic differentiation. The final BCP scaffolds showed 

excellent surface properties for osteoclastic activation. Castilho et al. also reported binder 

jetting method to prepare porous scaffolds for bone defects fixation [25]. BCP powder with 

different HA to TCP ratios was used to optimize the printing process. Phosphoric acid was 

used as the binder to cure scaffolds by the hydraulic setting reaction. Scaffolds prepared 

using this method had a minimal macropore size of 300 μm and a dimension accuracy of 

>96.5%. Results showed that a HA to TCP of 1.83 was the best by showing a compressive 

strength of around 0.42 MPa and a porosity of 66.98 ± 0.81% for sintered scaffolds and an 

increase to around 3.36 MPa after the post-treatment with PLGA. The toughness of scaffolds 

was quadrupled after the PLGA infiltration. In addition, scaffolds showed enhanced cell 

viability using osteoblastic cells MG63 compared to pure TCP control. Other CaPs can also 

be combined as composites to make up for each other’s disadvantages. Khalyfa et al. 

reported a binder jetting method using a powder mixture of TTCP and β-TCP for making 

bone tissue engineering scaffolds [132]. TTCP was used as reacting agent with an aqueous 

citric acid binder. β-TCP was used as biodegradable filler. Complex internal structures such 

as scaffolds and cranial segments were fabricated using this method. Scaffolds showed a 

porosity of 38% and a compressive strength of 0.7 MPa and an increase to 76.1 MPa after 

the post treatment using dianhydro-D-glucitol [bis(dilactoylmethacrylate)]. In addition, the 

biocompatibility of scaffolds was excellent by in vitro characterization using MC3T3-E1 

cells.

CaPs and bioglass can also be combined for additive manufacture. Bergmann et al. reported 

a binder jetting method using β-TCP and a bioactive glass similar to the 45S5 Henchglass 

(BGH) for implants fabrication [133]. A mixture of 40 wt% of β-TCP and 60 wt% of BGH 

glass was used as the matrix powder. The phosphoric acid solution was used as a binder. The 

four-point bending strength of the printed scaffolds was 14.9 ± 3.6 MPa after sintering at 

1000 °C. Suwanprateeb et al. also reported a CaPs/bioglass composite using apatite–

wollastonite glass (A-W glass) and HA for implants fabrication using the binder jetting 
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method [134]. Sintering scaffolds at 1300 °C for 3 h resulted in the lowest porosity of 2.50 

± 0.12% and the highest flexural strength of 76.82 ± 4.35 MPa. In addition, a 

biocompatibility test in SBF and osteoblast cell culture were conducted on the composite 

scaffolds, which showed an excellent bioactivity of composite scaffolds.

Several ceramic additives such as strontia (SrO), magnesia (MgO), zinc oxide (ZnO) and 

silica (SiO2), have been used recently to improve the density, phase stability, and biological 

performances of CaPs scaffolds [135,136,42,97]. An indirect FDM method was used to 

prepare β -TCP/MgO and β -TCP/ZnO porous composite scaffolds [137]. Results indicated 

that MgO and ZnO were able to prevent α -TCP phase formation and improve the total 

density of final scaffolds. Almost 11.5% density improvement was found for porous MgO 

doped TCP scaffolds after sintering at 1250 °C compared with pure β -TCP. The 

compressive strength of β -TCP/MgO scaffolds was 3.8 MPa. Binder jetting technology was 

used for 3D printing of interconnected porous scaffolds with different pore size [42]. Binary 

dopants of SiO2 and ZnO were used with β -TCP for the printing. A significant increase of 

density and compressive strength was found in scaffolds with dopants due to effects of 

dopant substitution during sintering, as shown in Fig. 21. In addition, scaffolds with dopants 

showed better bioactivity in vitro using osteoblast cells compared to control β -TCP [42]. 

Other dopants such as SrO and MgO were also studied with β -TCP for making 

interconnected scaffolds via the same additive manufacturing method [44,138]. The addition 

of these two dopants prevented β to α phase transition and improved the compressive 

strength of scaffolds. In vivo characterizations in rat femur model also showed an enhanced 

osteogenesis due to the introduction of these two dopants, as shown in Fig. 22 [44].

3.2. Metallic biomaterials

Currently, many biomedical devices are manufactured using metallic biomaterials. 

Utilization of different additive manufacturing techniques and the influence of various 

processing parameters are discussed in this section. The two main metallic materials 

systems- Titanium based materials and Cobalt based materials are discussed in this section. 

The section on titanium is further divided into additive manufacturing of single material 

Titanium based structures for biomedical applications and titanium metal matrix composites. 

Due to their importance, a separate sub-section is dedicated to the titanium metal matrix 

composites with calcium phosphate as the ceramic additive. The section on Cobalt alloys 

also includes information on additive manufacturing of simple cobalt based structures and 

cobalt based metal matrix composites for biomedical applications.

3.2.1. Ti-based metallic biomaterials—Titanium and its alloys are a very popular 

material for biomedical applications. Ti-based materials have shown excellent 

biocompatibility. They also have excellent resistance to fatigue loading and corrosion. 

Further, an inherent high strength to weight ratio makes parts made out of Ti-based materials 

lighter than other metallic materials. However, Ti-based materials have some drawbacks. 

The tribological performance of Ti-based materials is rather poor. This problem stems from 

the mechanical inadequacy of the Ti-based materials. Most applications of Ti-based 

materials are for load-bearing implants such as total hip or total knee replacement. In 

applications like these, a satisfactory bonding between the human tissue and the new implant 
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is a must. It has been found that a hard tissue layer surrounds the Ti implant over time. Thus, 

even though Ti-based materials are an established materials system for biomedical implants 

applications, there are still shortcomings that need to be addressed. Additive manufacturing 

techniques can offer some solutions to these problems. Such solutions range from the 

surface modification of the Ti-based materials to improve its wear performance to 

fabricating porous or structurally graded parts to enhance osseointegration.

Fabrication of 3D structures from Ti-based metallic biomaterials:  Laser additive 

manufacturing of Ti64 alloy was shown by Kobryn et al. [56]. The researchers investigated 

the range of microstructures that could be obtained as a result of laser additive 

manufacturing of the β alloy. The LAM processing was done with a Nd:YAG and with a 

CO2 laser process. Columnar grains were observed in the microstructure. For Nd:YAG laser 

processing, columnar grains were found to grow at a fixed acute angle with respect to the 

Ti64 substrate whereas the columnar grains of the alloy deposited with a CO2 laser source 

grew perpendicular to the substrate. The microstructures showed fine Widmanstatten 

patterns. Fine equiaxed α phase particles were found in the individual columnar grains and 

also along the individual grain boundaries during Nd:YAG source deposits. With the CO2 

source deposits, grains were coarser. There was also a visible thermal effect of the 

depositing layers on the microstructure of the previously deposited layers. In this case, 

banding of the microstructure or sudden change in the number of equiaxed α phase particles 

was observed. The grain width of the β phase was affected due to laser additive 

manufacturing, with the average grain width ranging from 94 μm to 165 μm. The grain width 

was also found to increase with the incident laser energy due to slower solidification/cooling 

rate. The microstructural features are shown in Fig. 23 [56].

Capabilities of direct laser fabrication (DLF) were also demonstrated by Wu et al. [139]. A 

20 mm × 20 mm section tube was processed with a dimensional accuracy of ±0.05 mm. A 

finely focused laser beam produced a wall thickness of approximately 1.3 mm whereas a 

defocused beam had a fuzzy wall thickness of approximately 3.5 mm. It was also shown that 

overhang structures with up to 30 degrees of inclination can be successfully processed. The 

researchers also reported occasional porosity that was round and most likely caused either 

by trapped gas from the feed powder or from the positively pressurized argon carrier gas. 

The effect of power on the porosity was also investigated. At a power level of 264 W, the 

microstructure was completely dense. Some porosity, mainly along the β phase grains was 

found at a power level of 390 W. At a lower power of 180 W, microstructure showed 

connected porosity with pore diameters as high as 300 μm. Similarly, the laser scan speed 

also had a significant effect on the microstructural evolution where high scan speed 

generally yielded a coarse microstructure.

Kelly et al. studied microstructural and thermal modeling on laser processed Ti64 alloy 

using Laser Additive Manufacturing (LAM) setup of AeroMet Corporation [140]. Similar to 

the earlier findings, researchers found laths of α-Ti that were bordered with the β-Ti grains. 

Within each of these bands, there were dense colonies of equiaxed α-Ti grains. Vicker’s 

microhardness measurement showed the hardness at approximately 350 HV for the LAM 

deposited Ti64 alloy. Porous Ti structures were demonstrated by Balla et al. and Xue et al. 

using LENS™ [61,141]. As opposed to complete feedstock powder melting and 
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solidification in earlier attempts of processing Ti-based materials, in this research, the key to 

forming porous Ti components was partial melting of the feedstock powder. In this principle, 

only the outside surfaces of the powder were melted and the internal cores remained intact, 

forming porous structures as shown in Fig. 23 [61]. These melted surfaces caused the 

bonding of particles together along with residual porosity. In addition, final parts showed 

similar Young’s Modulus compared to the natural bone. In vitro characterizations also 

demonstrated that porous Ti manufactured by LENS™ had improved biological properties 

compared to bare Ti plate as shown in Fig. 23 [141].

Heinl et al. demonstrated the fabrication of cellular Ti structures using Selective Electron 

Beam Melting process [142]. Structures were fabricated out of Ti64 powder at a vacuum 

pressure of 10−4 to 10−5 mbar, thus preventing any possible contamination due to oxygen or 

nitrogen. The three attempts made at fabricating interconnected porous structures were 

successful with samples of three different porosities as 25%, 38%, and 60% by volume. 

Harrysson et al. demonstrated EBM manufacture of Ti64 structures with different densities 

ranging from 3.8% to 40%, and subjected them to compression and three-points bend 

flexural testing [143]. The compressive strength was found to decrease with increasing the 

cell size or increasing porosity in the structure. Some examples of these EBM processed 

structures are shown in Fig. 24 [143]. Structures with a cell size of 3 mm and relative density 

of 0.41 had a compressive strength of 85.72 MPa whereas the structure with a cell size of 12 

mm and relative density of 0.04 had a compressive strength of 0.84 MPa.

Murr et al. compared microstructural and mechanical properties of EBM fabricated Ti64 

components to their wrought counterparts [144]. The EBM manufactured samples showed 

Windmanstatten microstructure. The average thickness of the columnar α phase was 3.2 μm 

in the top region of the build whereas it was 1.6 μm at the bottom region of the build. From 

TEM analysis, it was found that the wrought alloy had lesser dislocation density than the 

EBM fabricated alloy. Ti64 alloy powder used for the EBM fabrication had an average 

hardness of 5.0 GPa. It was found that the upper regions of the EBM fabricated Ti64 alloy 

part had coarse α-plate grains and thus lesser hardness of 3.6 GPa whereas the lower regions 

had finer a-plate grains and higher hardness between 3.9 GPa and 4.6 GPa. However, the 

EBM manufactured samples showed 23% to 92% higher elongation than average elongation 

for the high strength forged Ti64 alloy components. EBM technique was also used to 

fabricate open cellular foams using Ti64 alloy. The foams that were manufactured had a 

porosity ranging from 55% to 89%, and the cell walls or the struts of these foams had a 

hardness in the range of 4.1–4.9 GPa. These hardness numbers were higher than the 

hardness that was recorded in the denser Ti64 components, also fabricated by EBM 

technique. This could be due to the faster cooling rate in thin struts/cell walls of the foam 

structures as compared to the overlapping layers in the denser parts. The denser parts 

showed an acicular/lamellar Windmanstatten structure with α phase whereas the cell walls 

of the foams showed predominantly α’ phase or the martensitic α phase. Authors also 

demonstrated the capability and scalability of the process by fabricating a component of 2 

cm diameter that mimicked the natural bone. This Ti64 component had lesser porosity on 

the outside (like the cortical bone) and higher porosity on the inside (like the cancellous or 

trabecular bone). Properties and mechanical performance of similar EBM fabricated Ti64 

structures were also studied later on by other research groups [145,146].
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Selective laser sintering (SLS) or selective laser melting (SLM) has also been utilized for 

processing dense and porous Ti-based materials towards biomedical applications. Das et al. 

demonstrated processing of net shapes of Ti64 alloy using SLS followed by hot isostatic 

pressing (HIP) [147]. Ti64 powder was first selectively sintered with a laser source to form a 

92% dense component. Post processing with HIP further enhanced the density of the part. 

Since the parts fabricated this way were near net shaped, an additional machining process 

was needed. It was reported that microstructures of SLS/HIP processed parts varied from 

outer skin to the inside. The skin or the outer walls exhibited a fine Widmanstatten structure 

with high aspect ratio of the lamellar phase whereas the bulk microstructure consisted of 

coarser grains. The difference in microstructure was attributed to surface melting of powders 

resulting in a thermal gradient along the cross-section. To demonstrate the practicality of the 

SLS/HIP process, a sub-scaled version of a housing component of the AIM-9 Sidewinder 

missile was manufactured. This component had a fully dense microstructure. Sintering of Ti 

powder was also demonstrated by Fisher et al. [148]. Authors proposed a process map for 

the laser sintering of Ti powder with Nd:YAG pulsed laser source.

Hollander et al. produced Ti64 components with SLS or DLF (Direct Laser Forming) 

process and characterized those parts in vitro with human primary osteoblast cells [149]. To 

validate the feasibility of SLS/DLF part fabrication, authors processed a replica of a human 

vertebra, as shown in Fig. 24 [149]. The unfinished surfaces of the DLF parts appeared 

granulated and finishing operation had to be performed. Porous components had a nominal 

pore size between 500 μm and 700 μm and general pore shapes were cylindrical in nature. In 

terms of mechanical properties, the SLS/DLF parts had a tensile strength of 1200 MPa and a 

6.5% elongation. After post-process annealing heat treatment, elongation at failure increased 

twofold to 13.0% and reduced the tensile strength to 1042 MPa. In vitro results confirmed 

that samples were non-toxic. Authors performed in vitro cell culture on porous samples with 

average pore diameters of 500 μm, 700 μm, and 1000 μm. After 14 days, samples with 500 

μm pore diameter showed the best cell-materials interactions. Kruth et al. reported a 

comparative wear behavior of different materials processed by SLS/SLM technique. 

Different materials were subjected to fretting wear tests under 2 N and 6 N load and their 

wear damages were recorded in terms of mm3 of material lost for 10,000 cycles [150]. At 2 

N load, Ti64 alloy had a wear volume of 7.362 × 103 mm3, and at 6 N load, it was 9.337 × 

103 mm3. For the CoCrMo alloy, the damages at 2 N and 6 N loads were 1.474 × 103 mm3 

and 2.252 × 103 mm3, respectively.

Shishkovsky et al. evaluated mechanical properties, corrosion behavior and microstructural 

features of SLS/SLM manufactured porous implants formed from a Ti and a NiTi shape 

memory alloy [151]. Mechanical characterization showed that samples failed by brittle to 

brittle-ductile fracture. After 3 months in white laboratory rats, the SLS processed NiTi 

samples were completely integrated with the organotypic structures. There was no 

observation of either localized or general corrosion. Nitinol implants did not show any 

adverse tissue reaction. Fig. 25 shows the SLS fabricated NiTi structures and the bone 

integration with the titanium and nitinol implant after three months [151]. Authors also 

carried out SLS processing of Ti and nitinol powders with hydroxyapatite (HA). The 

presence of HA was found to intensify cell proliferation. Porous Ti scaffolds were also 

produced using selective laser melting [152]. In this work, however, there was no designed 
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porosity in the initial structure of the material. Porosity was created by mixing TiH2 and Ti, 

where during laser processing, the heat input decomposed TiH2 while releasing hydrogen 

gas. The trapped hydrogen gas then acted as a porogen or a pore forming agent. Using a 

TiH2-Ti mixture containing 40 wt% of Ti, a high degree of porosity of up to 70% was 

achieved along with pore size of 200–500 μm at a laser power of 1000 W. Porosity increased 

with an increase in TiH2 content. Porous Ti structures, similar to the cancellous bone, were 

also reported using SLM processing [153]. Samples were fabricated with a porosity between 

75% and 55% and had compressive strengths between 35 and 120 MPa depending on the 

porosity. General pore size was between 400 μm and 800 μm. New bone formation was 

examined in white rabbits and no adverse reactions such as inflammation or any type of 

foreign body reaction were observed in the animals after surgery. Within three weeks, new 

bone formation was observed at the outer periphery and in the center of the chemical and 

heat treated implants. Also, most new bone that was formed seemed to be bonded directly to 

the chemically treated layers, which was different to the untreated implants. The findings 

can be seen in Fig. 25 [153]. Mechanical properties and their relationship to the processing 

parameters were also investigated for SLS/SLM processed Ti alloy parts [154,155].

Another method of processing porous Ti-based structures is 3D fiber deposition that was 

originally designed for 3D fabrication of polymeric components. Li et al. reported the bone-

material interaction aspect in the scaffolds produced by 3D fiber deposition [156]. Ti64 alloy 

powder and 0.5% aqueous methylcellulose solution was used to create a slurry that was 

forced through a syringe in a Bioplotter machine. Such layer-by-layer deposition forms a 

complete 3D scaffold that was later sintered at 1200 °C for 2 h. These samples had 

porosities ranging from 39% to 68% with differing rectangular and square shaped pore sizes 

ranging from 200 μm to 800 μm. Samples were then inserted into lumbar goat spines for in 
vivo analysis. Animals were sacrificed after 12 weeks. There was no evidence of any 

toxicity or inflammation. The amount of new bone formation increased with increasing the 

pore size, and the overall porosity of the implant. Porous Ti scaffolds were also fabricated by 

Ryan et al. using a wax model printed using a Thermojet 3D printer [157]. A slurry of Ti 

powder and ethylene glycol was poured into the wax mold and dried. After removal of the 

wax, the Ti structure was sintered between 1100 °C and 1300 °C under vacuum. SAOS-2 

pre-osteoblast cells were cultured on these sintered Ti scaffolds for over three weeks without 

any concerns of toxicity. These scaffolds had a porosity of 45% with an average pore size of 

465 ± 170 μm. Scaffolds were also fabricated with pore sizes of 200 μm, 300 μm and 400 

μm and porosity as high as 66.9%.

Metal matrix composites:  Unlike work with pure metals and alloys, AM of metal matrix 

composites (MMCs) are not that common. Over the years, researchers have attempted to use 

laser cladding or laser melt injection methods to form a composite microstructure of the 

reinforcing material in a metal matrix [58,60,158,159]. Apart from those approaches, other 

methods of direct energy additive manufacturing such as direct laser deposition and LENS™ 

have also been utilized for processing of different ceramic based materials with Ti matrix. In 
situ reinforcement of Ti64 was done by TiB-TiN using LENS™, and its tribological 

properties, in vitro biocompatibility were also measured [160,161]. During LENS™ 

processing, Ti64 powder was premixed with BN powder and the resultant materials formed 
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TiB and TiN as well as alpha and beta phases of Ti as seen in Fig. 26 [160]. Hardness values 

increased to >850 HV due to the addition of 15% of BN in the premixed powder. Wear 

resistance of this material was also found to be better than the CoCrMo alloy, the gold 

standard for load-bearing implants. After 11 days of in vitro cell culture with MG63 cells, 

there was no difference between the cell adherence on the coatings with BN and untreated Ti 

substrate. Similar LENS™ processing of Ti was done using TiC powders [162]. LENS™ 

based fabrication of compositionally graded materials was also achieved for TiC-Ti system 

in which TiC was simultaneously fed with Ti [162]. The proportion of TiC was gradually 

increased from 0% to 95%. This had an immediate effect on the phase and microstructural 

evolution. With increasing TiC, more beta titanium phase formed. TiC was also retained in 

the microstructure as a unmelted phase. A hardness of 2250 HV was achieved in these 

compositionally graded structures.

Ti-TiO2 compositionally graded structures were processed using LENS™ [63]. The amount 

of TiO2 was increased from 50% to 90%. A hardness of 1100 HV was achieved due to the 

addition of 50% TiO2 in Ti. SiC has also been reinforced in Ti using LENS™ [163,164]. 

Tribological performance of the Ti substrate was improved by more than an order of 

magnitude with hardness reaching up to 1000 HV. In a rather unusual approach of formation 

of in situ ceramic phase, Zhang et al. demonstrated that nitrides of Ti and Si can be 

deposited on Ti substrates by introducing nitrogen in the oxygen free-argon rich chamber 

during LENS™ operation [165]. Thereafter, a mixture of Ti and Si powders were fed and 

coatings were deposited on the surface of Ti. The resultant structures were a composite of 

TiN and Si3N4 dendrites in the matrix of alpha Ti. The hardness of these in situ formed 

ceramic coatings was in the range of 1300–2100 HV and wear damage was reduced by as 

much as 200 times compared to Ti substrate.

Metal matrix composites with calcium phosphate:  Bone is a natural calcium phosphate 

(CaP) based ceramic. The addition of CaP to metal matrix is exciting due to the enhanced 

biocompatibility of the composite surface. Direct pulsed laser irradiation of a mixture of 

brushite and calcite was earlier demonstrated on steel [166]. However, it was only in 2002 

that CaP based materials were directly processed via an additive manufacturing route on Ti-

based materials. Laser alloying or laser cladding of hydroxyapatite was done on Ti64 alloy 

[167]. Laser cladding of Ti with calcium phosphate was also done in multiple steps by 

Zheng et al. [168]. Laser cladding was first done with 80%Ti-20%CaP followed by 

60%Ti-40%CaP and finally 100% CaP. This multi-step laser cladding also helped to reduce 

thermal stresses during laser cladding. A maximum hardness of up to1600 HV was obtained. 

However, a variety of phase formation has been reported such as alpha and beta-tricalcium 

phosphate, TiO2 and CaO. Rat cell line ROS 17/28 was used to study cell proliferation on 

these bioceramic coatings, and it was found that the bioceramic coating had more favorable 

cell response compared to the untreated Ti64 substrate.

LENS™ based additive manufacturing technique was used for fabricating CaP coatings on 

titanium [169,170]. These coatings were deposited at laser powers of 400 W and 500 W. At 

a power of 400 W, a coating of thickness 250 μm was achieved whereas at 500 W, the 

coating was 400 μm. It was also found that lower feed rates of the powder and high laser 

power of 500 W, the coating thickness significantly reduced to 100 μm. The interface 
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between the TCP coating and the Ti substrate showed columnar Ti grains and TCP at the 

grain boundaries. A representative image of this microstructure is shown in Fig. 26 [169]. At 

the uppermost regions of the coating, grains were primarily equiaxed. The volume fraction 

of TCP was highest at the uppermost region. The increase in the concentration of TCP was 

gradual from the interface, which was evident from the hardness of the coatings as well. A 

maximum hardness of up to 1100 HV was achieved at the top surface with an average of 900 

HV. This was more than four times the hardness of the Ti substrate. To understand the 

activity of human osteoblast cells on LENS™ processed TCP coatings, in vitro cell culture 

was done. After just 5 days of incubation, more cell attachment was found on TCP coatings 

than the control Ti surface. After 11 days, layers of cells were formed on the TCP coating. 

This increase in the cell attachment and proliferation was further confirmed by MTT assay, 

as shown in Fig. 26.

Surface alloying of Ti-based materials:  Surface alloying is basically a surface 

modification of the parent material with another metallic material to improve surface 

properties. It was suggested that using high power density and solidification rates of laser 

energy, surfaces could be modified and non-equilibrium phases could be retained. This also 

gave rise to unique microstructures such as extended solid solutions, metastable crystalline 

phases, and metallic glasses [171]. Laser assisted surface alloying has been extended 

towards many metallic systems. Some of these investigations were done using preplaced 

powders on the surface and then remelting the powder with a laser to achieve bonding and 

solidification of the powder.

Surface alloying of metals of biomedical importance was discussed by Walker et al. [172]. 

In this early work, commercially pure Ti (cp-Ti) and Ti64 alloy were surface alloyed with 

carbon, and cp-Ti and Ti15Mo alloy were alloyed with nitrogen. Compositionally graded 

structures of Ti64 alloy were formed with CoCrMo alloy [62,64]. These compositionally 

graded structures were fabricated using LENS™ and their microstructures are shown in Fig. 

27 [64]. These structures were also structurally graded. The Ti64 alloy part of the structure 

had ~30% porosity to promote osseointegration. After six LENS™ deposited layers of the 

porous Ti alloy, the structure transitioned to 100% dense Ti64. Thereafter, the 100% dense 

structure transitioned from 100% Ti64 to CoCrMo alloy. In vitro wear testing of these 

structures was done in simulated body fluid (SBF). The concentration of Co ions leached 

after wear testing for 3000 m was also investigated and was found to decrease with 

increasing CoCrMo concentration from 50% CoCrMo to 100% CoCrMo. The wear rates 

also dropped in a similar fashion.

Apart from these metallic materials and metal-ceramic combinations, other non-traditional 

metallic materials have also been investigated for biomedical applications. LENS™ was 

utilized for processing of tantalum coatings on Ti substrates [173]. Tantalum, despite being a 

challenging material to process owing to its high melting temperature and poor thermal 

conductivity, was successfully processed and hardness of up to 350 HV was achieved. The 

microstructure of this coating is shown in Fig. 28 [173]. Biocompatibility of these coatings 

was investigated using human hFOB cells in vitro. Quantification of the cell proliferation 

using MTT assay showed higher proliferation of cells on the Ta coatings than Ti substrate. 
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Furthermore, wear properties of the LENS™ processed Ta coatings was almost an order of 

magnitude lower than the Ti substrates [174]. These results can be seen in Fig. 28 [174].

Roy et al. attempted doping of Ta with MgO and LENS™ processing of the doped Ta on Ti 

substrates [175]. It was found after 3 and 7 days of human hFOB culture in vitro that the cell 

attachment and proliferation on the MgO doped LENS™ processed Ta coatings was higher 

than the undoped LENS™ Ta coatings. The bioactivity of the Ta coatings was thus further 

amplified by selective doping with MgO, as shown in Fig. 28 [173,174]. Vrancken et al. 

reported the SLM processing of Ti64 alloy composite with 10 wt% Mo additions [176]. This 

mixture was processed at a power of 250 W with 30 μm layers. It was found that after the 

addition of 10 wt% of Mo in Ti64 alloy, the very typical columnar β phase grains 

disappeared. There was the presence of unmelted Mo particles, smaller than 10 μm in size, 

in the structure. The Young’s modulus of this Ti64–10Mo alloy was lower than the Ti64 

alloy. The alloy with Mo also had a lower yield strength of 858 MPa than 1110 MPa for the 

substrate. However, the elongation of the alloy with 10% Mo was 20% compared to 7.3% for 

the Ti64 substrate.

In other attempts, selective laser melting (SLM) was utilized to process a porous niobium 

coating on Ti substrate [177]. Laser power of 160 W was used for the melting of Nb on the 

surface of Ti. The resultant coating had good metallurgical bonding to the Ti substrate as 

seen from Fig. 29 [177]. Average grain size of 70 ± 20 μm was obtained on the SLM 

processed porous Nb coatings on Ti along with hardness of 392 ± 37 HV. Circular and cubic 

micro-sized pores were formed throughout the melted layers of Nb coating. Good cell 

attachment was observed on both the Nb coatings as well as the Ti substrate. After 3 and 7 

days of cell culture, CCK-8 assay was used to determine the cell proliferation and no 

significant difference was seen between the porous Nb and the Ti samples. However, after 11 

days, there was higher cell proliferation on the porous Nb coatings than on the Ti substrate.

3.2.2. Co-based metallic materials and composites—As with the other materials 

that were previously discussed for additive manufacturing, the earliest forms of additive 

manufacturing of Co-based materials involved laser cladding of these alloys on materials 

like steel for high wear and abrasion resistance properties. In addition to the use of additive 

manufacturing techniques for improving the surface wear properties, there has a 

considerable amount of research into the fabrication of three-dimensional bulk components 

via additive manufacturing. In one of the very early demonstrations by laser cladding, 

Stellite- SiC composites were fabricated. Laser cladding was carried out using a 2 kW CO2 

laser [57]. Stellite 6 alloy with different proportions of SiC were fed into the laser melt pool. 

The hardness of up to 1390 HV at 19 wt% SiC in Stellite 6 was achieved. Similarly, Zhong 

et al. demonstrated laser clad composites of Stellite 6 alloy and WC. Using dual powder 

feeders, WC amount was varied in the melt pool from 0% to 100% [178]. On similar 

grounds, Xu et al. formed Stellite-WC composites in the range of 0 to 47 wt% of WC by 

multi-layer laser cladding to create functionally graded structures using a CO2 laser and 

Argon shielding gas [179]. In this approach, the proportion of WC that was feed through the 

powder delivery system was gradually increased from 0 wt% in the first layer to 47 wt% at 

the end. The microstructure that evolved consisted of a hypoeutectic structure of (γ+(γ
+WC)) where γ was a primarily Co-rich solid solution and γ+WC was the eutectic 
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structure. Some unmelted WC particles were also observed and can be seen in Fig. 30 [179]. 

Along with different carbides of Cr23C6, Co3W3C. A layer of Stellite 6 alloy with 26 wt% 

WC reached a hardness as high as 800 HV.

These demonstrations of additive manufacturing of Co-based materials utilized materials in 

a coating form or for surface modification. From a biomedical applications point of view, it 

is important to understand the feasibility of these materials in a bulk form. Janaki Ram et al. 

demonstrated LENS™ based additive manufacturing of medical grade CoCrMo alloy [180]. 

6 mm thick samples were processed using LENS™ 285 W laser power. The microstructure 

of each layer consisted of slightly coarser columnar dendritic phase and very fine equiaxed 

dendrites. These microstructural variations resulted from the variations in the solidification 

conditions. The presence of carbide phase in the columnar dendritic and equiaxed dendritic 

regions was also reported. The carbide phase was present either as a thin continuous network 

or as particles in the interdendritic regions. The hardness of the LENS™ deposited CoCrMo 

alloy was 40 HRC and thus comparable to the hardness of the wrought substrate of 41 HRC. 

The abrasive wear resistance was found to be less than that of the substrate. Authors attribute 

this to the irregular shaped carbide phase that was basically present as thin and long 

interconnected particles whereas it was much more regular, spherical and uniformly 

distributed in the wrought substrate.

Dense and porous Co-based alloys were also manufactured using an E-beam melting 

technique [181]. Different joint replacement components as well as test specimens fabricated 

using E-beam process are shown in Fig. 31 [181]. Fully dense components from CoCrMo 

alloys with a density of 8.4 g/cm3 were processed. In addition, femoral knee implants and 

open cellular mesh components were also manufactured using E-beam based additive 

manufacturing approach. As-fabricated femoral knee implant components were also given 

the standard ASTM F75 CoCr alloy treatment and were followed by annealing heat 

treatment. Fully dense components showed a microstructure with arrays of carbides and 

zigzag carbide phases along with columnar grains. In the horizontal plane for a rectangular 

block of fully dense E-beam processed CoCrMo alloy, the hardness averaged 4.4 GPa and 

for a cylindrical sample, it was 4.6 GPa. These hardness values are about 30% lower than the 

CoCrMo powder used for processing these samples. For the femoral knee component 

prototype, microstructure consisted of a mixture of columnar carbides and carbide arrays 

that measured about 2–3 μm. Similarly, femoral components that were annealed and 

polished, the microstructure showed an equiaxed fcc grain structure with prominent 

annealing twins and finer carbide phases as seen in Fig. 32 [181]. For the reticulated mesh 

structure of CoCrMo alloy, microstructure of the struts was similar to the microstructure of 

fully dense block and cylindrical samples. However, the hardness was about 25% higher 

than the dense structures and was 6.8 GPa in the horizontal plane of the struts, and 5.6 GPa 

in the vertical plane.

Jevremovic et al. studied biocompatibility of selective laser melted CoCr alloy for removable 

dental applications via MTT assay, agar diffusion, and dye exclusion tests [182]. It was 

found that the total cell number and viability of the cells that were pre-incubated with the 

samples fabricated by the conventional method of casting and by SLM method were on par 

with the control sample. The differences between the growth inhibitory effect of the cast and 
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SLM fabricated samples in MTT assay were below 30%. The agar diffusion tests also did 

not show any deleterious effects. It was concluded that the SLM processed CoCr alloy was 

not cytotoxic nor did it release any harmful material that could act against the cells. SLM 

process was also employed to understand pore formation in CoCrMo alloy [183]. In attempts 

to build the completely dense sample, researchers found that the SLM technique was capable 

of making CoCrMo components with a lowest possible porosity of 0.9% and an average 

porosity of 5.77%. It was also found that the highest layer thickness while processing led to 

minimal porosity due to the enhanced thermal conductivity of the material and secondary 

densification. The mean pore size was 0.759 μm2 and it remained constant irrespective of the 

different layer thicknesses and laser power. However, reducing the laser scanning speed 

increased this mean porosity by as much as 41.17%. Hedberg et al. investigated in vitro 
biocompatibility of the structures fabricated using SLM process [184]. SLM processing led 

to a fine grained structure with grain boundaries rich in Mo and depleted in Co. There was 

also the formation of martensitic ε or the hcp phase with no carbide formation unlike 

reported previously by many researchers. In the ion release studies conducted in PBS 

(phosphate buffer saline) and PBS+BSA (bovine serum albumin), it was found that after 2 h 

and 168 h of release, the SLM fabricated parts released fewer ions as compared to the cast 

parts. The SLM fabricated parts also showed higher corrosion resistance than cast parts. 

Researchers have also used SLM process for CoCrMo alloy fabrication towards dental 

applications [185,186].

In summary, AM of various techniques ranging from powder bed fusion to direct energy 

deposition have shown the ability to fabricate metallic materials that are used in biomedical 

applications. In addition, AM approaches are being further explored to solve current 

shortcomings in the metallic biomedical materials such as early stage material-bone 

integration or osseointegration of the implant and the reduction of stress shielding in load-

bearing implants. AM approaches are also being used in fabricating unique, patient-specific 

implants that are difficult to manufacture using conventional manufacturing.

3.3. Additive manufacturing of polymers

Polymers are first materials used in AM. Apart from the vat polymerization, polymers can 

also be used in other first generation of AM technologies, such as material extrusion and 

powder bed fusion. Compared to metals and ceramics, polymers have advantages of high 

manufacturability due to their low melting points and the flexibility to modify their chemical 

structures. Apart from those advantages of polymers in AM, there are other properties 

necessary for polymers to be used in biomedical applications. Biocompatibility is necessary 

for implants to be compatible with host tissues. In addition, biodegradability is also 

necessary for polymers to degrade after the tissue self-recovery. Polymers that have those 

properties are generally called biopolymers. Biopolymers can be broadly classified into two 

categories: natural and synthetic biopolymers. The following section will discuss the AM of 

these two types of biopolymers.

3.3.1. Natural biopolymers—Natural biopolymers are biopolymers which can be 

originally found in nature. Collagen is one popular biopolymer in AM which is often a 

significant component of extracellular matrix (ECM). There is a significant interest for 
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collagen to be used in tissue engineering. Collagen has been widely used as the tissue 

engineering scaffold material and the drug delivery vehicle because of its excellent 

biocompatibility [187]. The AM of collagen has also been studied in the past few years. 

Since collagen can denature under high temperature and hardly form powder bed with good 

flowability, material extrusion was the major AM technology used to manufacture 3D 

collagen architectures [188,189]. Kim et al. reported a cryogenic plotting system for printing 

highly porous collagen scaffolds with various porosity for skin tissue repair [188]. The 

maximum tensile strength achieved using this method was 2.8 MPa with a porosity of 

95.3%. A co-culture of keratinocyte/fibroblast was performed on final scaffolds showing 

good cell migration and well-differentiated keratinocytes similar to the human skin. Growth 

factor was also incorporated into 3D printed collagen scaffolds for making artificial neural 

tissues [189]. VEGF releasing fibrin gel, collagen bottom, murine neural stem cells (C17.2) 

and collagen top were printed using 3D bio-printer following this sequence. VEGF-

containing fibrin gel promotes migration and proliferation of the C17.2 cells cultured in 

collagen scaffolds, as shown in Fig. 33 [189].

Indirect AM has also been used to manufacture collagen scaffolds [190]. The negative mold 

was produced using FDM method. After the collagen casting, negative molds were removed 

by immersion in ethanol. The final collagen scaffolds were not contaminated or denatured 

which was confirmed by Fourier Transform Infrared Spectra and Ultraviolet-visual 

spectroscopy. Liu et al. reported similar indirect AM method for making collagen scaffolds 

[191]. The final scaffolds had interconnected channels and hierarchical designs with the 

length scale from 10 μm to 400 μm. In vitro characterizations using human mesenchymal 

stem cells (hMSCs) showed excellent cell adhesion, proliferation, and migration till day 28. 

In addition, post-crosslinking treatment improved the dynamic properties of scaffolds.

Gelatin is another popular biopolymer, which is extracted from animal by-products, such as 

bones, skins, and connective tissues. Gelatin is inexpensive and shows excellent 

biodegradability, biocompatibility, and non-immunogenicity [187,192,193]. Common uses 

of gelatin include hydrogel formation and vessels for controlled drugs release [187,194]. 

Gelatin constructs were printed using material extrusion with hepatocytes under a lateral 

resolution of 10 μm [195]. Gelatin provided a stable structure and nutrient for cells to grow. 

Hepatocytes distributed using this method on gelatin matrix remained viable for more than 

two months, which provided a novel method for tissue and organ printing. Gauvin et al. 

reported a novel projection stereolithography technique for preparing gelatin methacrylate 

(GelMA) scaffolds [196]. Side group modification of methacrylamide moieties on gelatin 

made vat polymerization possible for fabricating gelatin scaffolds with complex architecture 

for tissue engineering. Two different scaffold designs, woodpile and hexagonal, and GelMA 

percentage, 10% and 15%, were used in the printing. The increase of GelMA and woodpile 

design increase the compressive modulus of scaffolds. In vitro evaluation of scaffolds was 

conducted using dynamic cell seeding for a full coverage of human umbilical vein 

endothelial cells (HUVECs). Cells on the scaffolds were stable with high density, excellent 

proliferation, and endothelial phenotype after 7 days of culture, which indicated an excellent 

biological property of this type of scaffold, as shown in Fig. 34 [196]. Another study also 

reported using gelatin methacrylamide for facilitating the bioprinting of gelatin based 

scaffolds [197]. Gelatin methacrylamide hydrogels were mixed with HepG2 cells for 
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scaffolds printing using a bioplotter. In vitro characterizations showed a high cell viability of 

more than 97% in cell-laden gelatin methacrylamide scaffolds.

Other natural biopolymers, such as starch, cellulose and chitosan have also been used for 

different AM technologies [198–200]. However, they are mostly used as biocomposites for 

achieving better mechanical and biological properties. Lam et al. reported a binder jetting 

method for fabricating porous starch/dextran/gelatin composite scaffolds [198]. Crack free 

porous scaffolds were prepared with different pore designs. Then scaffolds were infiltrated 

in PLLA–PCL copolymer solution for improving their mechanical properties. The 

“rod_censolid” design show the comparable mechanical property to dense cylinder featured 

with a compressive stiffness of 55.19 MPa and an initial yield strength of 1.77 MPa. 

Salmoria et al. reported a way to make starch–cellulose and cellulose acetate scaffolds using 

direct SLS [199]. Laser parameters were optimized to avoid material degradation and 

mechanical failure. The best mechanical property was achieved using 106–125 μm of 

cellulose acetate. The maximum elastic modulus and ultimate strength were 193.8 MPa and 

3.729 MPa, respectively.

A material extrusion method was used for preparing porous chitosan scaffolds to study 

effects on different surface properties, architecture and controlled pore geometry on cytokine 

profile of human monocytes/macrophages [201]. Scaffolds with orthogonal and diagonal 

pore design were prepared with a porosity of 75.6% and 79.1%, respectively. This method 

provides an excellent 3-D platform to study cell responses by the cytokine profile. In another 

study, chitosan was used for making scaffolds by a 3D plotting system [200]. Pure chitosan 

and chitosan crosslinked with pectin (CP) and genipin (CG) were used as plotting materials. 

CP and CG significantly increased the compressive modulus of scaffolds from 130.8 ± 30.9 

kPa to 244.3 ± 36.8 kPa and 256.2 ± 43.8 kPa, respectively. In addition, the in vitro 
characterizations using osteoblast cells showed their biocompatibility, as shown in Fig. 35 

[200]. Yan et al. reported a novel 3D cell-assembly technique for printing hepatocytes and 

gelatin/chitosan biocomposite together for tissue engineering applications [202]. 

Hepatocytes remained viable and conducted biological functions on 3D printed constructs. 

A similar cell-assembly technique was also used for printing gelatin/alginate/fibrinogen 

biocomposite and adipose-derived stromal (ADS) cells to make an in vitro 3D model of the 

metabolic syndrome [203]. Results indicated that this 3D model successfully mimicked the 

metabolic syndrome, which was beneficial to study treatments for metabolic syndrome.

3.3.2. Synthetic biopolymers—Even though natural biopolymers have many 

advantages, such as excellent biocompatibility and degradability, there are limitations, such 

as high cost and mediocre physical, chemical, mechanical properties and their 

immunogenicity. Synthetic biopolymer can be used to make up for those disadvantages. 

Polycaprolactone (PCL) is a commonly used biopolymer with excellent biocompatibility 

and biodegradability [204]. The slow degradation of PCL in human body fluid is caused by 

hydrolysis of ester linkages, which results in harm-free products, e.g., carbon dioxide and 

water [205]. In addition, because of its excellent processing ability, it has been widely used 

as a feedstock material for extrusion based AM. Hutmacher et al. reported a FDM method 

for preparing porous biodegradable PCL scaffolds [206]. Compressive stiffness and 

compressive yield strength of PCL scaffolds were affected by build patterns, lay-down 

Bose et al. Page 30

Prog Mater Sci. Author manuscript; available in PMC 2019 August 12.

A
uthor M

anuscript
A

uthor M
anuscript

A
uthor M

anuscript
A

uthor M
anuscript



patterns of 0/60/120° and 0/72/144/36/108°. The scaffolds with a 0/60/120° lay-down 

pattern showed better mechanical properties, a compressive stiffness of 41.9 ± 3.5 MPa and 

a 1% offset yield strength of 3.1 ± 0.1 MPa. In vitro study was also conducted using human 

periosteal and fibroblasts. Results showed that cells showed high proliferation and 

differentiation on PCL scaffolds. In another study, FDM fabricated porous PCL scaffolds 

were used for in vitro co-culture of chondrogenic and osteogenic cells for 50 days [207]. 

Results indicated good cell proliferation, distribution and extracellular matrix formation on 

PCL scaffolds. Seyednejad et al. reported the use of PCL derivative, poly 

hydroxymethylglycolide-co-ε-caprolactone (PHMGC), for preparing bone tissue 

engineering scaffolds via a 3D plotting system [208]. Because of the modification with 

hydroxyl groups, PHMGC scaffolds showed higher hydrophilicity and faster degradation 

than PCL leading to its superior biological properties, such as faster cell adhesion and better 

tissue-scaffold interaction including a larger extent of vascularization than PCL.

Besides the material extrusion, other AM technologies were also applied for making PCL 

constructs. PCL has semi-crystalline structure and excellent high-temperature stability, 

which facilitates thermal treatment related AM processes, such as the powder bed fusion. 

Williams et al. reported a novel bone tissue engineering scaffold manufactured by SLS 

[209]. Maximum compressive modulus and compressive yield strength of this kind of 

scaffolds were 67 MPa and 3.2 MPa, which was within the range of cancellous bones. Bone 

morphogenetic protein-7 (BMP-7) and transduced fibroblasts were incorporated on porous 

PCL scaffolds for in vivo study using pig condyle model. Results indicated significant 

enhancement of tissue ingrowth, which showed its great potential for bone tissue 

engineering applications. Stereolithography was also utilized as an indirect method for 

making bi-porous PCL scaffolds [210]. Two types of pores, global macropores (300–400 

μm) and local micropores (30–100 μm, and 1–5 μm), were prepared by negative mold 

removal and salt leaching, respectively. The inner architecture could be precisely controlled 

by the design of the negative mold, while porosity and pore size could be controlled by 

varying the salt amount and diameter.

Another group of polyester based synthetic biopolymers is polyglycolic acid (PGA), 

polylactic acid (PLA) and their copolymer poly(lactic-co-glycolic acid) (PLGA), which have 

drawn lots of attention for biomedical applications. PLA can be produced by various 

renewable resources, such as corn starch, tapioca roots, and sugarcane. In addition, there are 

several other forms of PLA, such as poly-L-lactide (PLLA), poly-D-lactide (PDLA) and 

poly(L-lactide-co-D,L-lactide) (PLDLLA). These biopolymers have different biodegradation 

rates according to their different crystallinity. For example, biodegradation of PLA is faster 

than PDLA due to the lower crystallinity of PLA. Kanczler et al. reported the use of surface 

selective laser sintering (SSLS) to prepare porous PLA scaffolds [211]. For SSLS, only a 

thin surface layer melting (~200 μm) happens under laser in order to prevent the degradation 

caused by the overheating [212]. Different designs of SSLS-PLA scaffolds were successfully 

prepared. Human fetal femur-derived cells were loaded on the scaffold for in vitro 
characterization. Then scaffolds were also implanted in a murine femoral segmental defect 

model for in vivo evaluations. Results showed excellent biocompatibility and 

biodegradability of these scaffolds in vitro and in vivo, as shown in Fig. 36 [211]. Serra et al. 

reported a high-resolution material extrusion technology for making PLA based composites 
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scaffolds [213]. The addition of PEG into PLA decreased the glass transition temperature of 

the polymer blend, which improved the 3D-plotting processing resolution without affecting 

physicochemical properties of the composite scaffolds. The addition of 5% w/w PEG was 

able to decrease the glass transition temperature from 59.15 ± 0.16 °C to 40 ± 0.6 °C, which 

allowed the AM of the polymer at a lower temperature. Compressive modulus of this type of 

scaffold was 99.81 ± 3.55 MPa. In addition, biological properties of scaffolds were tested in 
vitro using rat mesenchymal stem cells. Scaffolds showed excellent cell adhesion on the 

scaffold surface.

PGA is also a biocompatible and biodegradable polymer. However, since PGA is very 

sensitive to hydrolytic degradation leading to a fast degradation rate, its biomedical 

application is limited to suture materials only. The copolymer of PLA and PGA, i.e. PLGA, 

is commonly used in AM processes. Lee et al. reported an indirect 3D printing process for 

creating porous PLGA scaffolds [214]. Except the pores designed on the mold, sucrose 

powder was mixed with PLGA for creating porosity within the matrix of scaffolds. The final 

scaffold was able to support intestinal epithelial cell (IEC6) growth in culture. PLGA was 

also processed by multi-head deposition to make porous scaffolds for tissue engineering 

application [215]. The final scaffolds were featured with a porosity of 47%, a pore size of 

200 μm and a compressive strength of 1 MPa. In addition, cells showed high proliferation 

level by MTT assay. In a follow-up study, the same group reported a PCL/PLGA composite 

scaffolds using the same method [216]. The composite scaffold increased the compressive 

strength to 3.2 MPa. In addition, scaffolds showed a comparable proliferation to PLGA 

scaffolds in vitro using hBMSCs.

Polypropylene fumarates (PPF) is another promising biocompatible and biodegradable 

polymeric biomaterial. It degrades to propylene glycol and fumaric acid which are also 

biocompatible [217]. PPF is normally processed by a vat polymerization method since it has 

unsaturated sites in its backbone for photo-polymerization. Lee et al. reported effects of laser 

parameters and resin formulations on the stereography of PPF/DEF scaffolds [218]. DEF 

was used to dissolve PPF and reduce the viscosity of the solution. The photoinitiator used 

for the photopolymerization was bisacrylphosphrine oxide (BAPO). Resin composition and 

laser parameters, such as critical exposure (Ec), penetration depth (Dp), laser speed and 

energy, were optimized to fabricate PPF/DEF scaffolds for achieving higher compressive 

modulus. The reported maximum compressive modulus is 140 ± 6.1 MPa. Porous scaffolds 

using only PPF were prepared as well for studying effects of pore size on compressive 

modulus. Decreasing the pore size increased the compressive modulus. In a follow-up study, 

the same group reported in vitro assessment of PPF/DEF scaffolds using fibroblasts [217]. 

This method could precisely control pore size, porosity, interconnectivity, and pore 

distribution. In addition, scaffolds showed cell adhesion. Controlled release of BMP-2 was 

also reported using similar PPF/DEF scaffolds fabricated by microstereolithography [219]. 

PLGA microspheres were used to control the release of BMP-2. In vitro results using pre-

osteoblasts indicated improved osteoblast proliferation and differentiation compared to 

scaffolds prepared by a particulate leaching/gas foaming method. In vivo characterizations in 

a rat cranial bone defect model showed that BMP was able to significantly enhance bone 

growth after 11 weeks of implantation, as shown in Fig. 37 [219].
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Polyetheretherketone (PEEK) is a new emerged synthetic biopolymer for orthopedic 

applications due to its excellent bio-compatibility, great ability for thermal processing, 

appropriate strength and stiffness that are close to bones, and availability for radiographic 

assessment [220–224]. Despite all these advantages, the major disadvantage of PEEK is that 

it is relatively bioinert, which is not beneficial for new bone growth and osseointegration. 

The most effect way to improve the bioactivity of implants manufactured by PEEK is to 

introduce some porosity within the PEEK constructs [225–227]. AM is an excellent tool to 

create complex design and control pore size, shape as well as porosity. Two major AM 

methods were used for making porous PEEK tissue engineering scaffolds, SLS and FDM. 

Tan et al. reported a PEEK-HA composite tissue engineering scaffolds manufactured by SLS 

[228]. Parameters for SLS, such as scan speed, laser power, and part bed temperature, were 

optimized for making the composite tissue engineering scaffolds. Further study was 

conducted by Wilmowsky et al. for making PEEK, PEEK with 2 wt% carbon black, PEEK 

with 1 wt% carbon and 10 wt% β-TCP, and PEEK with 1 wt% carbon and 10 wt% bioglass 

scaffolds [229]. Carbon black was added for improving the flowability of PEEK and β-TCP/

bioglass was added for enhancing the bioactivity of PEEK scaffolds. Results showed that the 

presence of bioglass significantly increased the osteoblast attachment and proliferation 

compared to other compositions. For FDM, Vaezi et al. reported porous PEEK parts 

manufactured by syringe and filament based FDM systems. An ambient temperature of 

80 °C, a build plate temperature of 130 °C, a nozzle temperature between 400 °C and 

430 °C, and an extrusion rate of 2.2 mg/s were the optimized parameters of FDM for 

avoiding the warpage and delamination of final PEEK constructs. Results showed a 

compressive yield strength of 102.38 MPa and 29.34 MPa and a compressive yield strain of 

0.056 and 0.044 for scaffolds with 0 % and 38 % porosity, respectively. It presented the great 

potential for this type of scaffolds to be used in load-bearing applications.

Calcium polyphosphate (CPP) is another interesting synthetic biopolymer with inorganic 

composition [230]. The composition of CPP can be written as [Ca(PO3)2]n, which is very 

similar to calcium phosphate material, which leads its excellent bioresorption, 

biocompatibility, and osteoconductivity. In addition, the degradation of CPP is a hydrolytic 

reaction between P and O within different chain segments resulting in orthophosphates 

followed by further degradation to naturally metabolized products [231,232]. CPP has been 

widely used to fabricate porous scaffolds using AM processes for biomedical applications. 

Shanjani et al. reported porous CPP scaffolds using binder jetting method [233–235]. The 

printing direction has significant effects on the compressive strength. Paralleled printing and 

compression directions could increase the compressive strength compared to perpendicular 

directions. The maximum reported compressive strength was as high as 50.17 ± 4.74 MPa 

with a mean pore size of 56 μm, a pore size range between 20 and 150 μm, and a volume 

porosity of 35% [234]. After 6 weeks of implantation in rabbit femur, between 30 and 40% 

porosity was filled with new bone along with 7–9% CPP weight loss due to biodegradation 

[235].

3.3.3. Polymer-ceramic composites—Both polymer and ceramic materials are 

widely used as biomaterials because of their own advantages as discussed before. However, 

ceramics are inherently brittle while polymeric materials are flexible. Hence the potential of 
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combining these two types of materials is very promising. Various AM processes have been 

used to manufacture ceramic-polymer composites. In SLS or SLM, when combining these 

two different materials together, polymer content usually dominates in the composite, which 

melts under laser powder and acts as a glue to bind ceramic particles. Since melting point 

and decomposition temperature for some biodegradable polymers are close, the temperature 

control during AM processing is very important. In the vat polymerization, polymer 

dominates the composite as well since the only polymer can have photopolymerization. In 

the material extrusion or 3D plotting, polymer still dominates the composite because of its 

lower melting temperature or better flowability. However, the amount of ceramic can 

significantly influence AM processing parameters such as flowability of powders in binder 

jetting and viscosity of suspension in vat polymerization.

The most common technology for producing polymer/ceramic composite architecture is 

material extrusion, such as FDM and 3D plotting. For the material extrusion of polymer/

ceramic composite, the key factor is to prepare printable composite filament. PP/TCP 

composite was used to fabricate porous scaffolds using FDM for bone tissue engineering 

applications [236]. Different pore structures were successfully prepared by FDM with 

excellent dimensional accuracy showing its great processing ability. Scaffolds with 160 μm 

pore size and 36%, 40%, and 52% volume fraction porosity were prepared for mechanical 

property characterizations. A maximum compressive strength of 12.7 MPa and a maximum 

modulus of 264 MPa were reported for scaffolds with 36% porosity. In addition, scaffolds 

showed good osteoprecusor cells adhesion and proliferation in vitro, as shown in Fig. 38 

[236]. Korpela et al. reported a porous PCL/bioglass composite scaffolds prepared by FDM 

process [237]. 10 wt% of bioglass was added to PCL for preparing FDM filaments. Bioglass 

particles were successfully embedded into porous PCL matrix scaffolds. The compressive 

modulus enhanced from 104 MPa to 147 MPa when adding bioglass. Scaffolds also showed 

excellent cell adhesion and proliferation in vitro using fibroblasts.

Compared to FDM, 3D plotting builds structures by direct deposition of viscous material 

from a fine nozzle. The viscous material is extruded under pressure using compressed air. 

Therefore, it is a heat-free AM process, which is beneficial to incorporate live cells or tissues 

in the scaffold during fabrication [238,239]. 3D-plotting was used to fabricated PLA/PEG/

bio-glass composite scaffolds with high resolution [213]. Bioglass particles were evenly 

distributed within the polymer matrix, which enhanced the hydrophilicity of the scaffold 

surface, mechanical properties as well as the bioactivity. In addition, scaffolds with the 

bioglass showed well-spread cell morphology on the surface indicating its excellent 

bioactivity. Luo et al. reported a novel hierarchical mesoporous bioglass/alginate composite 

scaffolds manufactured by 3D-plotting system [239]. Two patterns, XY and XXYY, were 

designed for 3D-plotting followed by crosslinking using CaCl2 solution and drying. 

Mechanical, biological and drug release study were performed with those scaffolds, as 

shown in Fig. 39 [239]. Results showed the XXYY design significantly improved the pore 

interconnectivity and dimensional accuracy of scaffolds. The addition of 50% mesoporous 

bioglass increased the compressive strength from 2.1 MPa to 6.2 MPa for composite 

scaffolds using XY design. In addition, the incorporation of mesoporous bioglass controlled 

the release of dexamethasone and improved the bioactivity of scaffolds.
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Wiria et al. reported a PCL/HA composite scaffold by SLS technique for tissue engineering 

applications [240]. PCL is an excellent material for SLS because of its high thermal stability. 

HA has high compatibility and bioactivity. The combination of those two materials is very 

promising in tissue engineering. Laser power, scan speed, and HA weight percentages were 

optimized for achieving excellent mechanical properties. A yield stress at 2% strain offset of 

11.54 ± 0.80 MPa and a Young’s modulus of 102.06 ± 11.26 MPa were achieved using 10 

wt% HA and 90 wt% PCL. Bioactivity test using SBF immersion and in vitro 
characterizations using Saos-2 cells showed good biocompatibility. Duan et al. also reported 

a SLS method using calcium phosphate (Ca-P)/poly(hydroxybutyrate-co-hydroxyvalerate) 

(PHBV) and carbonated hydroxyapatite (CHAp)/poly(L-lactic acid) (PLLA) to manufacture 

scaffolds with interconnected porosity [241]. The maximum compressive strength was less 

than 1 MPa, but showed good cell adhesion, proliferation and differentiation during in vitro 
characterizations using SaOS-2 cells. SLM technology was also utilized for preparing 

composite scaffolds using TCP/PDLLA composite for bone implant applications [242]. The 

addition of TCP could reduce the acid environment caused by the degradation of PDLLA. A 

maximum four-point bending fracture strength of 23 ± 1 MPa using 0.5 W laser power and 

50% PDLLA/50% TCP was achieved for TCP/PDLLA composite scaffolds.

Vat polymerization method can also be used by formulating homogeneous composite 

suspension followed by photopolymerization to encapsulate ceramic particles within the 

polymer matrix. Ronca et al. reported a novel SLA method to process poly(D,L-lactide)/

nanosized hydroxyapatite (PDLLA/nano-HA) composite scaffolds [243]. Methacrylate 

groups from PDLLA can be crosslinked to rigid polymer network, but the high crosslinking 

density of PDLLA makes the structure quite brittle. The addition of HA can improve its 

mechanical and biological properties. 0, 5, 10, and 20 wt% were used for the optimization of 

the vat polymerization. 5 wt% of nano-HA was finally used for fabricating scaffolds with the 

Schwarz pore network because of its lower viscosity and better processing ability. The 

flexural modulus increased from 3.1 ± 0.4 GPa to 4.1 ± 0.3 GPa in the presence of 5 wt% of 

nano-HA. The part was precisely in agreement with the design file and the ceramic particles 

were well dispersed within the pore surface. In another study, bioglass was combined with 

photocrosslinkable PCL for composite scaffolds fabrication [244]. The modified PCL, 

methacrylated poly(ε-caprolactone), was mixed with bioactive glass (S53P4) for creating 

porous composite scaffolds. The compressive modulus was measured for scaffolds with 

different amount of bioglass. With the increase of bioglass content, the compressive modulus 

of scaffolds increased, and the maximum value reported in this study was 3.4 MPa using 20 

wt% bioglass. Bioglass was evenly distributed on the surface of the PCL matrix, which 

enhanced the bioactivity of the scaffolds as measured via precipitation of apatite in SBF, and 

improved fibroblasts adhesion and proliferation in vitro.

Another AM method, binder jetting, is also available for manufacturing polymer ceramic 

composites. Inzana et al. reported a binder jetting method using collagen as the binder to 

make composite scaffolds with calcium phosphate powder in the powder bed [245]. 

Collagen was incorporated with phosphoric acid as the binder solution. 8.75 wt% of 

phosphoric acid was used with a collagen concentration up to 2 wt%. The addition of 

collagen significantly improved flexural strength, toughness, in vitro cell proliferation as 
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well as in vivo bone ingrowth in murine femoral defect model after 9 weeks. Table 8 

summarizes different AM approaches towards ceramic-polymer composites.

4. Applications of AM in biomaterials and biomedical devices

There are two major sets of applications for AM in biomaterials. Orthopedic and dental 

implants are the first kind of applications in which AM techniques are used to manufacture 

devices that are patient-matched or difficult to manufacture otherwise. Most of those devices 

are metal based, however, other materials have also been used. Another area of application is 

tissue engineering. Generally, cells need certain three-dimensional support with pores to 

attach, grow and differentiate into functional tissues or organs [256–258]. AM techniques 

are especially outstanding in making architectures with both micro-and macroporosity. 

Traditional top-down AM system can assemble cells and tissue growth factors onto a 

temporary structure for further proliferation and maturation to fully functional tissues. This 

method has achieved scientific and clinical success in the past twenty-five years, but it also 

has significant limitations, such as the manufacture of a functional and controlled 

histoarchitecture, and the control of mass transfer including nutrients and wastes. Recently, a 

new bottom-up system, also called bioprinting, has been used for tissue engineering 

applications. This technique can incorporate features of individual characteristics towards 

guiding the tissue maturation via enhancement of cellular self-sorting and self-assembly 

capabilities [259,260]. There are three major bioprinting systems available - inkjet 

bioprinter, microextrusion bioprinter, and laser-assisted bioprinter, as shown in Fig. 40 

[261,262]. Inkjet bioprinters can utilize heating generated air-pressure pulse or piezoelectric 

pressure for droplet deposition. Pneumatic or mechanical (piston or screw) dispensing 

systems are used for microextrusion bioprinter to extrude continuous materials. And laser-

assisted bioprinter applies laser energy on energy-absorbing layers to generate force for 

propelling cell-containing material to the substrate [262].

In this application of AM in biomaterials section, metal based implants or devices, and tissue 

engineering structures are discussed in detail. Tissue engineering is further divided into hard 

tissue, soft tissue, and organ tissue engineering. Both top-down and bottom-up AM systems 

are introduced for their applications in tissue engineering, as shown in Table 9.

4.1. Metallic implants to improve osseointegration

Metallic implants are commonly used in the human body to replace load-bearing joints 

namely the hip and the knee joints. These implants are called total hip replacement (THR) 

and total knee replacement (TKR). The basic design concepts for these implants remained 

the same for the past few decades. These load-bearing implants demand properties such as 

high compressive strength, and resistance to wear and bio-corrosion. In the configuration 

involving metal-on-metal contact, concerns related to metal ion release are very high. 

However, for metal-on-polymer devices, concerns related to osteolysis is also quite high due 

accumulation of polymeric wear debris in certain locations. Therefore, in any design 

configuration, wear induced damage cannot be eliminated; attempts can only be made to 

minimize the impact. Moreover, dense metallic implants in the body with high stiffness can 

cause stress shielding or weakening of the neighbouring bones, a problem arising out of the 
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differences in stiffness between the surrounding bone and the implant. In recent years, 

application of new AM strategies has attempted to diminish these long-standing problems.

Cobalt chromium and titanium based alloys are primarily used in THR and TKR 

applications. Components for THR and TKR such as hip stem or the ball and socket joints 

are manufactured using conventional methods like casting and forging. Using additive 

manufacturing methods such as EBM, EBDM, SLS/SLM and LENS™ and 3D Inkjet 

printing, different load-bearing and patient specific implants have been manufactured. As 

discussed earlier, these can be either made from metallic powders or from wire feed. Parts 

made from such AM methods generally exceed the strength requirements due to the rapid 

solidification rates in AM that yield a fine-grained microstructure and thus higher strength. 

Instead of fully dense implants via casting or forging, AM can manufacture implants with 

designed porosity. Porosity in the implants can lower the effective stiffness and reduce stress 

shielding related concerns [61]. Secondly, surface porosity can offer anchoring sites for the 

surrounding tissues during healing and offer enhanced early stage osseointegration. Both of 

these implications would lead to a more gradual transfer of stresses across the human bone/

tissue to the metallic implant, which can increase the life of an implant in vivo. Balla et al. 

demonstrated LENS™ processing of porous titanium structures with up to 70% volume 

porosity [61,141]. EBM process was also utilized to make similar porous metallic structures 

[142]. Shishkovsky et al. showed those porous structures indeed improve osseointegration 

with the bone tissues [151]. Similar dense and porous structures were also fabricated via 

EBM using CoCrMo alloys [181]. In addition to the structures made from titanium or cobalt 

based metallic materials, Chou et al. used the inkjet 3D printing technique for the fabrication 

of porous Fe-30%Mn alloy structures [298]. These structures showed 36.3% open porosity 

and had mechanical strength similar to that of the natural bone. These porous structures also 

showed good in vitro cytocompatibility after cell culture using MC3T3-E1 pre-osteoblast 

cells.

Apart from introducing porosity using AM to enhance osseointegration and reduce stress 

shielding, there are many articulating surfaces in between the implant components that 

undergo relative motion and hence wear. These areas have to strictly avoid porosity since 

porosity will elevate the wear rate and increase the release of metallic ions in vivo. Another 

possible issue is the inadequacy of the compressive strength of the porous structures. To 

counter these two issues, load-bearing components can be fabricated with structural porosity 

gradation. These components would essentially have select areas with a high porosity which 

can promote osseointegration and promote gradual stress transfer. For example, those areas 

can be the outsides of an acetabular cup component that comes in direct contact with bone. 

There can also be areas that should be dense structure such as inside the cup to provide the 

mechanical strength and wear resistance to the implant. We can thus envision an implant that 

has porous outside layers of a certain depth and a denser inner core. Such a structurally 

graded implant would be a challenge to fabricate via most conventional techniques but can 

be easily realized by additive manufacturing. The realization of such a component with a 

structural gradation of porosity with denser core and porous exterior was done via EBM 

powder bed additive manufacturing of Ti6Al4V powder [143,299].
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To counter the problem of poor osseointegration between the human tissues and the metallic 

implant, researchers also proposed surface modification or coating. The most common 

coating investigated for this purpose was a coating of calcium phosphate ceramic. As 

discussed in the materials sections, direct energy based additive manufacturing techniques 

such as laser melt injection and LENS™ have been effective in creating a calcium phosphate 

coating on metallic implants. This can either be done as a plain coating on the metallic 

material or as a compositionally graded coating. Many techniques such as plasma sprays and 

thin film techniques are also capable of processing similar quality of coatings. However, 

additive manufacturing methods can give a new dimension to this old concept of bioceramic 

coating. Using tools like LENS™, it is possible to have coatings on complex shapes and 

geometries. Most traditional coating processes are a line of sight techniques, meaning it is a 

challenge to process coatings on contours and curved surfaces. This problem can be solved 

using additive manufacturing. Furthermore, not just a bioceramic coating but a porous 

bioceramic coating can also be processed on metallic implants. This will not only increase 

the biocompatibility of the device but will also lead to a better osseointegration than a dense 

implant, or porous implant or a dense bioceramic coating. Additive manufacturing can be 

exploited for this goal in two ways. First, the metallic devices can be manufactured using 

any traditional methods and bioceramic coatings can be applied via additive manufacturing 

route. In the second approach, processing of the metallic implant as well as the bioceramic 

coating can be done simultaneously via additive manufacturing route. The deciding factors 

for this would be the complexity of the design of the implant. Apart from the processing of 

dense and porous bioceramic coatings, additive manufacturing can also be used to process 

novel metal-ceramic composites as new materials for load bearing applications. This will be 

discussed in the following section.

4.2. Devices with enhanced wear resistance

Solving the problems of wear, biocorrosion, and metal ion release is the other prime area 

where AM can help to innovate next generation of biomedical devices. The first and most 

fundamental approach to reducing wear in between any contact surfaces is by using a hard 

surface. Since the wear rate is inversely proportional to the hardness of the surfaces in 

contact, the easiest way to improve the tribological properties is to improve the surface 

hardness. Using AM, the hardness of the contacting surfaces can be improved in several 

ways. Different metal/ceramic composites have been demonstrated by laser melt injection 

since 1989. Reinforcing of Ti based metallic materials with silicon carbide [58], tungsten 

carbide [59], titanium boride-titanium nitride [160,161] and titanium oxide [63] were 

successfully demonstrated to increase the surface hardness and wear resistance of the base 

material. Apart from these, harder metallic materials were also used to improve the 

tribological properties of Ti based materials such as Tantalum [173,174]. These coatings not 

only had better tribological properties but also showed good cell proliferation during in vitro 
cell culture. Similarly, niobium was also investigated [177]. Cobalt based alloys were also 

investigated for surface modification using silicon carbide and laser cladding process [57]. 

Other ceramic systems such as tungsten carbide, titanium carbide have also been studied and 

found to be successful in alleviating wear damage in the alloys.
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In another approach, ceramic coatings can also be used on metallic implants. Ceramics such 

as alumina, zirconia, silicon carbide and more commonly titanium nitride have been 

demonstrated to reduce wear in metallic materials. However, AM of ceramics can be a 

challenge at times. Hence, compositionally graded metal-ceramic coatings could be used. 

Such ceramic or metal-ceramic composite coatings processed via AM have several 

advantages. First, the ability to coat or process complex shapes and surfaces, which is not 

easy in conventional manufacturing or coating processes. The second advantage is the 

formation of a strong interface with the substrate material. AM methods such as laser melt 

injection and LENS™ are extremely focused and do not create excessive heat affected 

zones. By avoiding such heat affected zone, these processes create a strong interface since 

they still adequately melt the substrate. However, as a hard ceramic coating with properties 

different than that of the substrate is created, due to low heat affected zone and controlled 

dilution in the substrate, the inherent properties of the substrate are preserved. Via AM, it is 

thus possible to achieve controlled surface modification in the existing metallic implants.

Another approach of reducing wear is using a solid lubricant. For biomedical applications, 

the most common additive would be calcium phosphate. The addition of calcium phosphate 

to CoCrMo alloy and processing it using LENS™ based additive manufacturing has been 

shown to reduce wear in the alloy [300]. Another advantage towards current load-bearing 

implant is the ability of AM to achieve selected area modification. Essentially, it may not be 

economical or time-consuming to coat an entire surface of an implant. In cases like these, 

finite element modeling can help to determine the areas in an implant that undergoes the 

highest wear and corrosion damage. In certain cases, explanted implants are also studied to 

understand the areas of preferential wear as well as the mechanisms of wear and bio-tribo-

corrosion. Such areas can then be selectively modified to minimize wear induced damage. 

One approach is to use computational models to predict and selectively modify or enhance 

the areas that may undergo wear related damage [301]. An example is shown in Fig. 41a and 

b of a computational model to predict wears after 50 million cycles. Careful observation of 

load bearing implants that have undergone tribological damage can also yield very valuable 

knowledge about the wear areas and wear mechanism of the implants such as shown in Fig. 

41c and d [302]. These findings can then be used for enhancing the mechanical performance 

of the next generation of implant.

Such areas when identified can be selectively modified either by metal based intermetallic 

coatings or by a metal-ceramic hard facing coating or by a metal ceramic that acts as a solid 

lubricant during wear. These could be processed in situ using additive manufacturing 

techniques such as laser melt injection or LENS™. Implants can also be processed with 

these areas in mind from the bottom up approach using methods such as EBM or SLS/SLM.

4.3. Hard tissue engineering

Hard tissue is also called mineralized tissue which combines minerals with the soft organic 

matrix that provides structural support for other tissues. Typical hard tissues are bones, teeth, 

and cartilage. They play important roles in our body. However, because of aging, accidents 

or certain congenital diseases, they need replacements and repair. In this subsection, bone, 

tooth and cartilage tissues by top-down or bottom-up AM approach are discussed.
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4.3.1. Bone—The top-down AM process was first used with HA powders. Fierz et al. 

reported the use of inkjet 3D printing to make anisotropic HA scaffolds with a repeating two 

layers design for bone tissue engineering [263]. The design of millimeter scale center 

channels and perpendicular micro-pores was similar to cancellous and cortical bones. The 

tomographic characterization showed the interconnected structure of scaffolds in a none-

destructive manner. Then osteogenic-stimulated progenitor cells were loaded to test 

biological properties of those scaffolds. The osteoblast-like cell morphology near the 

dissolved HA indicated that it was promising for clinical use. Besides HA, TCP is also 

widely used in bone tissue engineering scaffolds because of its better biodegradability than 

HA. Hip Stem, human pelvis and Washington State University (WSU) logo were 

successfully built by TCP using 3D printing as shown in Fig. 42 [94]. Fielding et al. reported 

a novel 3D printed porous TCP composite scaffolds for in vivo characterization in rat femurs 

[264]. Pure TCP and SiO2/ZnO TCP scaffolds were prepared by binder jetting 3D printer 

with around 300 μm of pore size after sintering. Scaffolds were inserted into rat femurs for 

6, 8, 12 and 16 weeks and taken out for histomorphology and immunohistochemistry 

analysis. Results showed that the presence of SiO2 and ZnO induced the new bone 

formation, collagen production, osteocalcin expression and vascularization, as shown in Fig. 

43 [264].

Besides the inorganic composition, the organic content is around 20% of the natural bone. 

The composition of the organic part is mainly collagen, which is an elastic protein that 

improves the fracture resistance of the bone. Hence, the preparation of collagen-calcium 

phosphate composites architecture has drawn lots of attention. Inzana et al. reported an AM 

method for making collagen-calcium phosphate composite scaffolds using collagen 

containing binder for printing [245]. Collagen was incorporated with calcium phosphate 

matrix by mixing with the phosphoric acid binder solution. Other polymer-ceramic 

composites were also used for making bone tissue engineering scaffolds through FDM. Kim 

et al. reported PLGA/β-TCP/HA nanocomposite scaffolds for in vivo studies in a rabbit 

femoral defect model [303]. Scaffolds were prepared using PLGA/β-TCP nanocomposites 

using FDM followed by coating using HA. They were implanted into a rabbit femoral defect 

model for 6 and 16 weeks showing their great biocompatibility and potential for drug 

delivery applications.

For the bottom-up system, cells can be encapsulated in hydrogels as bio-ink for printing, 

which is also called cell-laden hydrogel method. Fedorovich et al. reported different 

hydrogels with bone marrow stromal cells (BMSCs) laden for the bio-printing of bone tissue 

engineering scaffolds [238]. Cell viability and differentiation were found not affected by the 

extrusion process of the bioprinting when compared to unprinted cells. In addition, it was 

demonstrated that this method provided a way to print cells in different populations which 

had the potential to combine BMSCs and endothelial progenitors for vascularized bone 

grafts. In addition, bioprinting can also be utilized to stack up different materials or cell 

patterns to construct a functional graft. Ker et al. created a novel bioprinting method via a 

two steps process [266]. The first step was to make a highly oriented sub-micron fibers by 

Spinneret-based Tunable Engineered Parameters (STEP) technique. The next step was to 

print fibroblast growth factor-2 (FGF-2) or BMP-2 for controlling cell differentiation. In 
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vitro results indicated that cell alignment followed the fiber length direction. In addition, the 

FGF-2 and BMP-2 patterns were able to promote differentiation of tenocyte and osteoblast, 

respectively. Unprinted STEP fibers showed the differentiation to myocytes, as shown in Fig. 

44 [266].

4.3.2. Tooth—Tooth is another major mineralized tissue in our body, which is constituted 

of four major parts, enamel, dentine, cementum, and pulp. Enamel and dentin are highly 

mineralized tissues with 96 wt% and 70 wt% mineral content, respectively, which provide 

excellent mechanical properties for tooth [304]. No cellular substances are present in enamel 

and dentin. Cementum is a less mineralized tissue with around 45% inorganic substance and 

cellular bodies, such as cementoblasts, surrounds the root of the tooth. Pulp has little mineral 

content but lots of living connective tissues, which contains blood vessels, nerves and 

cellular bodies, such as odontoblasts, fibroblasts, preodontoblasts, macrophages and T 

lymphocytes. These four parts construct a very delicate system for proper functions of our 

teeth. The mineral content in the tooth is mainly hydroxyapatite, which is similar to the bone 

tissue. In addition, the tooth is a highly porous tissue in microscale.

Traditional manufacturing methods such as lost-wax and plaster casting, have their 

limitations including difficulties for making complex internal structures and low cost-

effectiveness. However, AM is a promising solution for dental prosthesis fabrication since it 

is advantageous in making complex designs with high accuracy in a shorter time. Kasparova 

et al. reported a study to evaluate the manufacturing accuracy of two 3D printing systems, 

open source system RepRap and commercially available 3D printer [305]. The plaster model 

was used as a standard to create a digital 3D image for 3D printing. Linear measurements of 

selected points on the dental arches of upper and lower jaws were conducted to analyze the 

accuracy of 3D printed parts. The statistical evaluation showed that 3D printer had better 

dimensional accuracy than traditional plaster casting for making dental implants. In another 

study, vat polymerization methods, digital light processing and jetted photopolymer and 

binder jetting were used for fabricating denture models [306]. The mean systematic 

differences calculated from linear measurement between AM models and the plaster model 

were very little (between 0.02 mm and 0.25 mm) indicating the high accuracy and 

reproducibility of AM produced denture models.

Different AM methods are used to fulfill requirements of certain dental implants. Kim et al. 

published a novel direct metal laser sintering (DMLS) method to make three-unit fixed 

dental prostheses for comparison to the tradition lost-wax casting [268]. Cobalt–chromium 

alloy was used for DLMS and nickel–chromium alloy was the starting material for lost-wax 

casting. Three important parameters, internal gap (IG), marginal gap (MG) and marginal 

discrepancy (AMD), were measured on three-unit fixed dental prostheses via both DLMS 

and lost-wax casting. Even though the marginal fit of DLMS processed implants was a little 

inferior to the one of lost-wax cast parts, it was still promising for clinical use. Synthetic 

onlay grafts are frequently used before dental implants insertion to increase the alveolar 

bone volume for improving osseointegration and stability of the implant. However, the 

vertical bone augmentation of synthetic onlay grafts is still inferior compared with 

autologous onlay grafts. Tamimi et al. reported a 3D printing method to fabricate dicalcium 

phosphate anhydrous (monetite) onlay grafts and its effects on Ti dental implant in vivo 
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[269]. Binder jetting method was used to create synthetic onlay grafts using β-TCP powder 

as matrix and 20% of diluted phosphoric acid (H3PO4) as binder. The onlay grafts were first 

inserted into the calvarial bone of female rats and then secured with osseosynthesis titanium 

screws. After healing for 4 weeks, another surgery was conducted to remove screws and 

insert titanium dental implant above onlay grafts. The onlay design with macroporosity 

enhanced both bone volume and bone height compared to the design with microporosity 

only. Nearly half of the monetite from the onlay was degraded after 8 weeks of implantation. 

In addition, the titanium dental implant showed excellent osteointegration with the new bone 

formation on onlay grafts.

4.3.3. Cartilage—Cartilage is a connective tissue made of chondrocytes and extracellular 

matrix, such as collagen and proteoglycan, which are primarily located in joints between 

bones. Cartilage repairs slowly following major damage in an environment with an 

insufficient blood supply. However, there are surgical procedures, such as microfracture 

surgery, aimed at providing a helpful blood supply to healing cartilage. The mechanical 

property of cartilage is in between muscles and bones, which is neither as flexible as 

muscles nor as rigid as bones. The area that is close to the bone is more rigid than the area 

that is far from the bone. Near the interface between bones and cartilage, there is also a 

transitional region from osteoblast to chondrocytes. Using traditional manufacturing 

methods, it is hard to produce tissues with gradient compositions and mechanical properties. 

However, AM methods have advantages of controlling the composition of materials and 

cells in each layer, which is beneficial for cartilage tissue engineering applications.

In the early stage of AM for cartilage tissues, the top-down system was widely explored. 

Since cartilage is a more flexible tissue than the bone, cartilage tissue engineering scaffolds 

are usually manufactured using polymer or polymer composites. Sherwood et al. reported a 

composite scaffold using binder jetting method with gradient material composition and 

porosity [271]. The design of the scaffold could be separated into three sections. The upper 

region of the scaffold was fabricated using the PLGA/PLA composite with 90% 

macroporosity for improving the cell seeding. The lower region was made by the 

PLGA/TCP composite with 55% porosity to enhance its osteogenesis and mechanical 

properties. The middle region was made by transitional composition and porosity between 

the upper and lower sections for preventing delamination. The composition combination 

with the best mechanical property was 35% NaCl, 15% TCP and 50% L-PLGA showing a 

tensile strength of 5.5 ± 0.8 MPa, an elastic modulus of 233 ± 27 MPa, a yield strength of 

13.7 ± 0.8 MPa and an elastic modulus of 450 ± 79 MPa. It was in line with the magnitude 

of cancellous bones. In addition, in vitro results indicated that chondrocytes adhered well on 

this scaffold surface and showed new cartilage formation after 6 weeks, as shown in Fig. 45 

[271]. In another study, 100% interconnected porous scaffolds were fabricated using 

material extrusion AM technique with poly(ethylene gly col)-terephthalate—poly(butylene 

terephthalate) (PEGT/PBT) block copolymer [272]. PEGT was hydrophilic and PBT was 

hydrophobic. Through varying the length and amount of each polymer, copolymers with 

different properties, e.g., mechanical property and biodegradability, could be achieved. 

Porosity could also be manipulated by changing the spacing, geometry, and distance. After 

the optimization, the equilibrium modulus and dynamic stiffness of scaffolds were ranged 
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between 0.05–2.5 MPa and 0.16–4.33 MPa, respectively, which were comparable to natural 

articular cartilages. In addition, in vitro dynamic cell culture using chondrocytes and in vivo 
characterization using nude mice demonstrated that these scaffolds supported chondrocytes 

attachment and cartilage tissue formation.

Bioprinting can control compositions, cell types, and populations in different areas. 

Fedorovich et al. reported cell-laden composite scaffolds manufactured using a bioprinting 

system using biphasic calcium phosphate particles and alginate hydrogel [274]. Different 

scaffold designs were made to control the porosity of scaffolds. Human MSC and 

chondrocytes were printed in different areas of the scaffold to stimulate natural cell 

distribution in the cartilage. Cell viability during the printing was high, and different cells 

were embedded within their designed compartment without migration. The distinctive tissue 

formation in vitro and in vivo indicated that such scaffolds were very promising in the 

cartilage tissue repair. Park et al. created a novel bioprinting system using osteoblasts on 

Col-1 hydrogels and chondrocytes on hyaluronic hydrogels for the cartilage tissue repair 

[277]. Those cells which were laden in their native extracellular matrix showed better 

proliferation and maturation. In addition, a 3D cartilage structure combining these two 

hydrogels was printed and tested in vitro. After 14 days of cell culture, those two types of 

cells had high viability and showed healthy cellular functions indicating promising 

potentials for osteochondral tissue repairs.

In order to improve cell proliferation and differentiation rates, different growth factors can 

also be combined within the 3D constructs via bioprinting. BMP-2 and transforming growth 

factor β1 (TGF- β1) were combined with human MSC for improving its proliferation and 

differentiation [275]. 3D structures with a biochemical gradient of MSC and different 

growth factors encapsulation were printed to simulate natural fibrocartilage organization. 

The addition of growth factors enhanced chondrogenesis and osteogenesis through the 

improvement of related gene expressions. This study showed a promising approach towards 

fibrocartilage repair. It was also a useful tool to build different models for pharmaceutical 

testing which used cells directly from patients.

4.4. Soft tissue engineering

The main function of soft tissues is to connect and support the surrounding structures and 

organs in our body. They are mainly composed of elastin, collagen and ground substance, 

which can absorb the energy under the load to protect other tissues. Some of the important 

soft tissues include skin, muscle, tendon, ligament, nerve and blood vessel. They have 

different responsibilities in our body, but the most common cell that is responsible for their 

functionalization is fibroblast. In order to synthesize artificial soft tissues, AM methods are 

excellent tools to make polymer or polymer composite constructs since the mechanical 

property of the polymer is closer to soft tissues than other materials.

4.4.1. Ligaments and tendons—Ligament and tendon are tough fibrous connective 

tissues, which are made of collagen. The difference between ligament and tendon is parts 

they are connecting. A ligament connects different bones or teeth, while tendon connects 

muscles for the movement of bones. Nowadays, tendon and ligament injuries happen quite 
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frequently, which almost occupies half of all musculoskeletal injuries [307]. Treatment 

options for tendon and ligament injuries are through replacement or fixation using grafts and 

prostheses. Hence the manufacturing of artificial grafts is critical for the success of treating 

tendon and ligament injuries.

Park et al. reported a negative AM mold casting method for building tooth-ligament complex 

[280]. The entire complex model was separated into two individual parts, periodontal 

ligament (PDL) and bone compartments. Wax 3D-printing system was also used for mold 

fabrication of these two separate parts. Then PGA was used for PDL and PCL was used for 

the bone compartment for the final fabrication. Manufactured compartments with one human 

tooth dentin slice on the top were assembled together with BMP-7 added primary human 

gingival fibroblast (hGF) cells in the bone region and human PDL cells at the PDL interface 

for in vivo characterizations on two different surgical pockets on the dorsa of 

immunodeficient 6 week-old NIH III nude mice. In vivo results showed an improved growth 

of newly formed tooth cementum-like tissue, ligament and bone structures within the tooth-

ligament complex, as shown in Fig. 46 [280]. In a follow-up study, a tooth-ligament complex 

was designed based on the micro-CT image of the periodontal fenestration defect on the 

cadaver mandible from the an in vivo model [281]. A fiber-guiding channel design was also 

added for the formation oriented Sharpey’s fiber in order to improve the integration of the 

entire complex. Compared to the random porous design, this fiber-guiding structure 

enhanced the triphasic tissue regeneration within the tooth-ligament complex in vivo, which 

is promising towards clinical applications. Besides tooth ligament unit, custom designed 

implants manufactured by 3D printing were reported to be applied for treating cranial 

cruciate ligament deficient stifle joints in dogs [25]. An artificial cage was prepared with the 

composition of brushite, monetite, and tricalcium phosphate. The structure of the cage was 

highly permeable with an overall porosity of 59.2% including a microporosity of 40% and a 

designed interconnected macroporosity with pore sizes of 845 μm. It had a compressive 

strength of 7.65 ± 2.01 MPa. 3D printed implants showed improvements in biocompatibility 

and osteoconductivity compared to the standard titanium implant. In addition, complete 

restoration of dog’s limb function was also observed without dog’s lameness or any side 

effects.

Muscle-tendon unit was also manufactured via bioprinting process using polyurethane (PU)/ 

C2C12 myoblasts on muscle region and PCL/NIH/3T3 fibroblasts on the tendon region 

[282]. The final construct had an elastic modulus of 0.39 ± 0.05 MPa on the muscle side and 

Young’s modulus of 46.67 ± 2.67 MPa on the tendon side. Bioprinting technique 

successfully maintained cell viability during printing. Cells in different regions also showed 

excellent tissue development and differentiation after 7 days’ culturing. Results showed 

great potential for this bioprinting approach to fabricate complex construct with 

heterogeneous materials and cells.

4.4.2. Blood vessels—Blood vessels are one important part of the circulatory system 

which is responsible for delivering blood to different parts of the body. There are three major 

types of blood vessels, namely arteries, capillaries, and veins. Based on their functions, the 

structure and mechanical properties of different types of blood vessels are very different. 

Arteries are usually composed of elastic materials with thick wall structure in order to 
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withstand the high pressure during the diastole. Capillaries, which are responsible for the 

nutrient and waste exchange between blood and tissues, are made of an inflexible material 

with flat and very thin wall structure for easy locating all over the body. The structure and 

mechanical properties of veins are close to arteries, but the wall thickness of vein is much 

thinner than arteries since the function of veins, which is transferring blood from capillaries 

back to the heart, is not under high pressure as arteries. However, the major cell type for the 

functionalization of different blood vessels is an endothelial cell. Blood vessels are 

important channels for nutrient and waste circulation. It is also the key point for the final 

tissue self-functionalization. With the development of AM technology, vascular grafts 

processed by AM methods have drawn more and more attentions from the scientific 

community.

Cui et al. reported a novel thermal inkjet printing method for microvasculature preparation 

using human microvascular endothelial cells (HMVEC) and fibrin [284]. Microchannels 

were first prepared with a thermal inkjet printer using fibrin. The bio-ink containing 

HMVEC was printed around the microchannels for the blood vessel formation. In vitro 
results showed that the printed cells were aligned around the microchannels and formed a 

confluent cell lining after 21 days, which indicated an effective strategy for microvasculature 

fabrication. Bioprinting technique was also applied for vasculature grafts fabrication. 

Skardal et al. published a study for the fabrication of vessel-like constructs using murine 

fibroblasts (NIH 3T3) encapsulated by tetra-acrylate derivatives (TetraPAcs)/thiolated 

hyaluronic acid/gelatin hydrogel [286]. TetraPAc-crosslinked hydrogel presented 

significantly higher shear storage moduli and better cell proliferation than the PEG 

diacrylate (PEGDA)-crosslinked gel. The printed structure was biocompatible with high 

viability for up to 4 weeks under the culture.

With the development of characterization techniques, accurate and vivid imaging of the 

blood vessel formation can be realized. Mesoscopic fluorescence molecular tomography 

(MFMT) and micro-CT were reported by Zhao et al. for imaging vascular constructs 

manufactured via bioprinting and vascular perfusion [287]. The schematic of the fabrication 

process is shown in Fig. 47 [287]. Briefly, collagen layers were printed first as bottom 

layers. Then one line with gelatin and human umbilical vein endothelial cells (HUVECs) 

was printed followed by filling the entire perfusion chamber by collagen. Cells got attached 

to channels at 37 °C. Then the extra gelatin liquid was removed by perfusion media flow. 

Both MFMT and micro-CT images showed accurate vascular tissue formation around the 

channels, which provided options for the imaging of vascular-like constructs with high 

sensitivity and accuracy. Artificial cardiovascular tissues were also reported using AM 

techniques. Hockaday et al. reported a 3D printing/photocrosslinking method for the 

fabrication of an aortic valve graft using poly-ethylene glycol-diacrylate (PEG-DA)/alginate 

hydrogels [283]. There are three major criteria for a tissue-engineered heart valve, namely 

geometry, mechanical heterogeneity and physiological function. The reported aortic valve 

graft showed great shape fidelity and heterogeneous mechanical property with an elastic 

modulus varying from 5.3 ± 0.9 kPa to 74.6 ± 1.5 kPa. In addition, porcine aortic valve 

interstitial cells (PAVIC) were seeded into the scaffolds for the tissue functionalization. The 

result showed that a nearly 100% cell viability for up to 21 days was maintained indicating a 

promising approach to be explored further for aortic valve grafts.
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4.4.3. Skin—Skin is the soft outer covering of the human body composed of multiple 

layers that protect muscles, ligaments, bones, and other internal organs. The functions of the 

skin can be separated into many categories including (a) protection: skin acts as the first 

defense systems against outside pathogens. It is also a barrier to avoid the loss of essential 

nutrients when under water. (b) Body temperature control: the regulation of body 

temperature can be conducted by controlling the activity of eccrine glands, and dilation or 

constriction of the vessel superficial flow. (c) Sensation: skin tissue includes nerve endings 

for sensations such as temperature, pain, and pressure. The three primary layers constructing 

skin system are epidermis, dermis, and hypodermis. Epidermis is the outmost layer of the 

skin, which is responsible for protecting the body against any infection or nutrient/water 

loss. Dermis locates beneath epidermis containing connective tissues as cushions to 

withstand the outside stress. The hypodermis is the deepest layer of the skin whose function 

is to attach muscles and bones together with blood vessels and nerves. The major cell types 

for the skin are keratinocytes and fibroblasts. Generally, damaged skin tissue can heal itself 

much faster than other soft tissues. We can wait for the natural healing, but the scar 

formation after healing is hard to remove. For patients with a large area of the burn injury, 

the accelerated skin healing rate is necessary to prevent infections. Recently, AM methods 

have been used for the skin tissue engineering. Both top-down scaffold system or bottom-up 

bioprinting show great potential for the future clinical use.

Kim et al. reported a study using a system assembly using a 3D plotting and a cryogenic 

refrigeration platform for skin tissue fabrication [188]. Collagen was extruded from the 

bioplotter followed by the solidification in the cryogenic refrigeration platform. As received 

scaffolds were further processed under freeze drying and curing processes to achieve the 

final scaffold. Structure, porosity and mechanical properties of the scaffold could be 

manipulated using this novel printing system. In addition, in vitro co-culture experiments 

using keratinocyte/fibroblast showed the complete cell migration and well differentiation 

skin tissue within the scaffold. More recent studies started to use cell bioprinting to 

incorporate cell and material matrix together for skin tissue regeneration. Lee et al. reported 

a composite of collagen hydrogel precursor, fibroblasts, and keratinocytes for the bioprinting 

of artificial skin tissues [288]. The entire skin tissue construct started with the printing of 

one layer of collagen hydrogel precursor and one layer of fibroblast embedded collagen 

hydrogel precursor for mimicking the epidermis layer of the natural skin. For every interface 

of different layers, the cross-linking material was used for the curing of the hydrogel. After 6 

layers of collagen hydrogel precursors, another layer with keratinocytes embedded collagen 

hydrogel precursor was added for the construction of the dermis layer. Finally, the entire 

skin tissue construct was finished with two more layers of collagen precursors. The tissue 

construct was tested on a 3D skin wound model using poly (dimethylsiloxane) (PDMS). 

Both cell lines showed high proliferation on horizontal and vertical directions indicating an 

excellent imitation of natural skin tissue and its potential in clinical use.

Laser assisted bioprinting was also utilized to manufacture artificial skin tissues. It has the 

advantages for executing sophisticated designs with biomaterial and cells together. Koch et 

al. reported a study using laser-induced forward transfer (LIFT) for the manufacture of skin 

tissues [289]. A well-defined pattern was printed using this technique by fibroblasts/
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keratinocytes and human mesenchymal stem cells (hMSC). In vitro results indicated that the 

printing process didn’t decrease the viability of cells. High cell survivability after printing 

and unaffected proliferation rate showed the further research for this technique. In a follow-

up study, the same technique was used adding collagen as the matrix material for the 

generation of skin tissues [290]. The keratinocytes were found to be well distributed within 

their assigned area. In addition, tissue morphogenesis and cohesion were observed by a 

scrape-loading method showing an excellent cell diffusion and gap junction coupling. For 

further evaluation of this technique, Michael et al. reported a laser assisted bioprinting 

method using fibroblasts/keratinocytes on top of MatridermH, a stabilizing matrix, for in 
vivo characterizations on the dorsal skin fold chamber of mice [291]. The printed skin graft 

was directly tested in skin wounds of dorsal skin fold chamber in nude mice for 11 days. 

Multi-layered epidermis and e-cadherin with blood vessel formation were found near the 

mice epidermis indicating an excellent healing junction and skin tissue regeneration. In 

addition, an in vitro control was performed in an air-liquid-interface environment. High cell 

proliferation and e-cadherin were observed in vitro, but the epidermis formation was not 

multilayer. This study showed that laser assisted bioprinting can be used for making skin 

tissue constructs with great skin regeneration ability in vivo.

4.5. Organ tissue engineering

The use of AM approachs towards organ regeneration is very complex. However, recently, 

researchers have started to develop structures using AM specifically for organ regenerations. 

For example, ear, an important organ for hearing and balancing, has been manufactured by 

AM technologies. The ear can be divided into three parts, outer ear, middle ear and inner ear. 

The outer ear has a complex shape and is mainly composed of cartilage and fat tissues. The 

middle and inner ear constructs the sensing system for balancing and hearing. The 

manufacturing of the artificial ear is a big challenge due to its complexity in shape and 

property requirements.

Lee et al. reported a sacrificial layer modified bioprinting method for making the artificial 

ear using PCL and cell-laden hydrogel [293]. A dual cells system, chondrocytes and 

adipocytes, were laden in a 4% alginate hydrogel. The framework of the ear was printed 

using PCL as the matrix and PEG as the sacrificial material. Then PEG was removed by the 

distilled water. The maximum tensile modulus was 57.55 ± 3.1 MPa using a line pitch of 

500 μm. The cell-laden hydrogel was dispensed between the spacing of the framework. Final 

artificial ear showed enhanced chondrogenesis and adipogenesis in vitro. Another novel 

bioink printing method using alginate and nanofibrillated cellulose (NFC) with human 

chondrocytes was also used to print ear [292]. Different bioink compositions were prepared 

with different concentrations of NFC and alginate. A combination of 80 wt% of NFC and 20 

wt% alginate was finally selected as the bioink for preparing artificial ears. The discs using 

this formula had a compressive stiffness of 150 kPa and a compressive strength of 33 kPa. 

The final printed ear had high structural stability and fidelity. In addition, in vitro 
characterization using human nasoseptal chondrocytes showed high cell viability up to 7 

days. Mannoor et al. reported a bionic ear fabrication by cell-laden hydrogel matrix as the 

outer ear and intertwined silver nanoparticles infused conducting polymer as middle and 

inner ears, as shown in Fig. 48 [294]. Chondrocytes were laden in alginate hydrogel as the 
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matrix material for the outer ear. An inductive coil antenna with silver nanoparticle (AgNP) 

infusion was connected to cochlea-shaped electrodes embedded in silicone. This bioprinting 

process was featured with high geometry precision and cell viability after the printing. In 

addition, with the aid of the electronic sensing system, the printed ear was able to receive 

electromagnetic signals in a wide range. Such findings unveil other possibilities to combine 

tissue engineering combined with electronics for making artificial cyborg organs.

Liver is another organ that has drawn lots of interest for AM. Liver is a wedge-shaped organ 

with four lobes composed of millions of hepatocytes for its basic metabolic functions. Liver 

failures caused by chronic liver diseases, such as hepatitis, cirrhosis and hemochromatosis, 

can only be treated through transplantation. However, problems, such as allograft rejections, 

scarce source of liver donor, and donor mortality, are the main challenges of liver 

transplantation. One possible solution is to develop tissue engineered liver substitute for liver 

transplantation. Nevertheless, it is still a challenge to manufacture artificial livers because of 

its inherent complexity in both geometry and functions.

Huang et al. reported a study using SLS for making interconnected flow-channel constructs 

for liver tissue regeneration [296]. PCL was used as a matrix material. In order to further 

increase the interconnected porosity within the matrix, NaCl particles were added to the 

PCL as porogen and further removed by the water leaching. The final construct was highly 

porous with a volume porosity of 89% and a pore size range between 100 and 200 μm. For 

initial liver cell seeding, avidin–biotin binding-based cell seeding method was used. Human 

hepatoma Hep G2 cells were loaded into the construct during in vitro experiments via 

perfusion culturing for 9 days. The perfusion culturing system and the new cell seeding 

method significantly improved the liver tissue regeneration and further functionalization. In 

another study, a chitosan–gelatin hybrid bionic liver construct with detailed hepatic 

chambers, flow-channel network, central vein and portal vein design was fabricated using a 

combination of SLA, microreplication and freeze drying [295]. A resin mold was created by 

SLA followed by poly-dimethylsiloxane (PDMS) casting in order to get a PDMS mold. 

Finally, the chitosan-gelatin solution was cast into the PDMS mold followed by freeze 

drying to achieve the final liver construct. The as fabricated construct showed excellent 

hydrophilicity and biodegradability when tested in PBS. In addition, hepatocytes were 

loaded into the artificial liver structure to characterize its biological responses in vitro. Large 

colonies of hepatocytes were observed all over the hepatic chambers after 7 days. Moreover, 

the detection of urea synthesis and albumin secretion further proved the suitability of this 

construct for growing liver tissues. Zein et al. reported a manufacturing process for making a 

patient liver model with detailed features such as biliary structures and complex networks of 

vessels for preoperative planning of the liver transplantation [297]. Six patients including 

three liver donors and three liver recipients were the subjects for this study. The 3D images 

were created from CT and MRI images. Parts were printed by Connex 350 3D printer using 

different materials for different regions, as shown in Fig. 49 [297]. The identity of 

geometrical and anatomical structures between native livers and 3D printed models was 

further proved by preoperative, intraoperative, and postoperative assessments. Such 

approaches will offer substantial help for planning liver transplantation surgery in the 

coming days. Applications for AM of biomaterials are very diverse. Table 9 summarizes the 

different application areas with various cells, biomaterials and growth factors.
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5. Current challenges and future trends

Future trends for the AM of biomaterials are multi-faceted and depend on many factors. So 

far, most of the progress is limited to research and development, while in some isolated 

cases commercial products have been developed and used clinically. However, that trend 

needs to shift more towards innovation in biomedical problem solving using AM followed 

by successful commercialization. The main hurdle in that pathway is not the technology 

development or man-power shortage, but regulation. Regulation related to biomedical 

devices usually lags behind technology development. Therefore, it is natural to see slow 

progress to shape the regulatory agencies around the world towards devices produced via 

AM. A key contributor in that slow process is the inherent concerns related to reliability and 

reproducibility of parts produced via AM. For example, if a Ti6Al4V part is produced via an 

Arcam’s E-beam machine and another one is produced via EOS’s Laser melting machine 

with identical shape, it is natural that properties will be different in those two parts due to the 

nature of heating and cooling during processing that can result in differences in 

microstructure as well as residual stresses. Therefore, a key difference in AM produced parts 

needs to be the minimum performance requirement than the actual measured properties. For 

example, in Arcam and EOS produced Ti6Al4V parts, in both cases, mechanical properties 

are expected to be better than the commercially available wrought products due to grain 

refinement during processing. However, establishing such process-performance criteria takes 

time and resources. And if it needs to be done for each material or device, it is sometimes 

the major bottleneck in the commercialization of additively manufactured products. In recent 

years, most biomedical industries have taken a better approach towards AM based products. 

Instead of focusing on Class II or Class III devices, various industries are now focusing on 

Class I devices that are easy to get regulatory approval, yet can be made patient matched, if 

needed, to enhance surgeon’s comfort or produce on demand instead of projection based 

manufacturing. It is envisioned that a large number of approved Class I devices will also 

increase confidence amongst the regulatory bodies in the coming days that can help protocol 

development towards approval of Class II and Class III devices. It is also important to note 

that US Food and Drug Administration (FDA) has already given several 510 K approvals to 

load bearing Class II implants that are now commercially available. Similar trends can also 

be seen in other regulatory bodies around the world.

Another important area that is expected to dominate in the coming days is multi-materials 

structures via AM. Unlike other manufacturing processes, AM is not just a shaping tool, but 

it can also allow manufacturing parts with multiple materials. Functional parts with not just 

structural variations, but with compositional variations can be fabricated using AM. The 

critical issue is not on how to make it, but what to make as well. Most designers still use 

traditional design approaches in which parts with different compositions are designed 

separately followed by assembly using various techniques. However, AM can potentially 

minimize many of those assembly requirements by manufacturing parts with multiple 

compositions in one operation. A simple example could be coated implants for load-bearing 

applications. Coatings are preferred to enhance bone tissue integration and added onto 

uncoated implants using different processes. However, AM can be used to produce both, 

coated or uncoated, implants using the same machine. In fact, AM can be used to produce 
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even ceramic coated metal implants in the same operation. Such freedom in a manufacturing 

operation is expected to cultivate innovation in product design to offer performance that was 

not possible in the past.

Design for AM is also an area that is expected to grow rapidly in the coming days. 

Traditional 2D and 3D designs are good for most conventional manufacturing that are either 

shaping based or subtractive in nature. However, AM can be used to manufacture parts that 

can be fully enclosed or a combination of multiple moving parts built in one operation or 

color coded in different areas for different functionality and so on. Most AM operations 

today are focused on building parts that are designed for conventional manufacturing. 

Application of AM is reducing the lead time and cost of tooling, which is significant for low 

volume manufacturing. However, to fully utilize AM’s ability, parts can be designed with 

varying thickness or voids to maximize materials utilization and minimize cost, which can 

be designed for AM and manufactured using various AM techniques. Such approach is 

slowly coming and transforming the world of manufacturing. In the coming days, it is 

envisioned that AM will significantly influence innovative product designs and related 

performance.

Bioprinting is another area of AM that is making a significant impact. The ability to co-

deposit both cellular and acellular structures is not trivial, but doable. Organ and tissue 

engineering fields can benefit tremendously if AM can successfully deposit acellular 

structures with specific cells in it that can be cultured in a bioreactor. Primary challenges 

include limited 3D structure fabrication ability, keeping cells viable during processing, on 

demand printing ability with a variety of materials and cells, and finally understanding 

design and print strategy to effectively use this ability towards biofabrication for tissue 

engineering. For clinical application, it may be needed to print scaffolds or tissues in a larger 

scale than typically produced in a laboratory research setting. The printing speed is a 

concern for the cost-efficiency of the method, especially for commercialization of clinical 

tissue or scaffold AM. In addition, for some injuries, if the printing speed is fast enough, the 

in situ tissue repair is possible to replace dead tissues and regenerate new tissues for 

repairing. This technique has been applied on skin tissue repair using laser assisted 

bioprinting in a mouse model [294]. However, there is little development of this technology 

for other tissue or organ regeneration. Finally, a higher printing resolution may be necessary 

for complex organ or organ model printing. For transplantation surgeries such as liver 

transplantation, preoperative planning is very important to increase the survival rate for 

donors and recipients. Detailed imaging of all internal liver components will help in the 

planning the surgery procedures.

AM techniques can combine electronic devices for assisting AM prepared artificial organs 

before those are fully operational. Because of complexity in human organs, such as liver, 

heart, kidney, still they can’t be manufactured with comparable functions as native organs. 

Even though the bioprinting technology has achieved some success using cells from patients 

and showed traces of self-functionalization, the full functionalization of bioprinted organs is 

still a big challenge when thinking about the complex metabolism system, multiple functions 

and a long time of self-functionalization for each organ. However, some electronic device 

might help this situation via initially achieving some functions of the organ. At the same 
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time, the artificial organ is under self-functionalization until it becomes an organ with 

comparable functions to native organs. The artificial ear with the inductive coil to receive 

electromagnetic signals for hearing has been manufactured by bioprinting technique [294]. 

However, there is still a long way to go to attain cyborg organs with growing functions via 

cell self-functionalization.

With the development of pharmaceutical technologies, AM has the potential to provide an 

excellent tool to make biocompatible vessels for delivering drugs to locations affected by the 

disease. Through the advantage of AM for constructing the complex structure, it is possible 

to control the release of drugs to improve their effective time and minimize their toxicity. 

Controlled alendronate release using PCL coating on 3D printed porous TCP scaffolds was 

achieved by Tarafder et al. [49]. However, there are few reports about drug delivery system 

fabricated via printing matrix material and drug molecules in one system and control the 

release by manipulating the structure design and material composition alternation, which is 

one promising direction for advanced drug delivery system.

Overall, even though a lot of successes have been achieved for AM of biomaterials, it is still 

in its infancy. Challenges including technical issues for AM technology based on clinical 

need and biomaterial selections are addressed above. Multidisciplinary research will be 

necessary to face those challenges and fully realize the potential of AM in biomedical 

applications in the coming days.
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Abbreviations:

AM Additive Manufacturing

SFF Solid Freeform Fabrication

LM Layered Manufacturing

RP Rapid Prototyping

CAD Computer Aided Design

FDM Fused Deposition Modeling

ASTM American Society for Testing of Materials

TCP Tricalcium Phosphate

PCL Polycaprolactone

LENS™ Laser Engineered Net Shaping

EBDM Electron Beam Direct Manufacturing
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CNC Computer Numeric Control

LBMD Laser Based Metal Deposition

EBAM™ Electron Beam Additive Manufacturing

FDC Fused Deposition of Ceramic

PBF Powder Bed Fusion

SLS Selective Laser Sintering

SLM Selective Laser Melting

EBM Electron Beam Melting

SLA stereolithography

DMD Digital Micromirror Device

CaPs Calcium Phosphates

HA hydroxyapatite

BMP-2 Bone Morphogenetic Protein 2

TTCP Tetracalcium Phosphate

DCP Dicalcium Phosphate

VEGF Vascular Endothelial Growth Factor

CMC Carboxymethyl Cellulose

DLP Digital Light Processing

PVA Polyvinyl Alcohol

ALP Alkaline Phosphatase

BCP Biphasic Calcium Phosphate

DLF Direct Laser Fabrication

LAM Laser Additive Manufacturing

HIP Hot Isostatic Pressing

DLF Direct Laser Forming

SBF Simulated Body Fluid

PBS Phosphate Buffer Saline

BSA Bovine Serum Albumin

ECM Extracellular Matrix
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PGA Polyglycolic Acid

PLA Polylactic Acid

PLGA Poly(lactic-co-glycolic acid)

PLLA Poly-L-lactide

PDLA Poly-D-lactide

PLDLLA Poly(L-lactide-co-D,L-lactide)

PEG Polyethylene Glycol

SSLS Surface Selective Laser Sintering

PPF Polypropylene Fumarates

PEEK polyetheretherketone

CPP Calcium Polyphosphate

THR Total Hip Replacement

TKR Total Knee Replacement

FGF-2 Fibroblast Growth Factor-2

DMLS Direct Metal Laser Sintering
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Fig. 1. 
Acellular techniques for the additive manufacturing of biomaterials.
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Fig. 2. 
Image (a) and (b) showed low building surface roughness using CaP (coarse):CaSO4 and 

high building surface roughness using CaP (fine):CaSO4. Three tables were the starting 

powder parameters, densities and packing ratios for different CaP (β-TCP and HA)/CaSO4 

system [11].
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Fig. 3. 
The schematic of the binder jetting machine [41].
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Fig. 4. 
The comparison of density and compressive strength between conventional and microwave 

sintering. The printed parts were shown in (a). (b) was the compressive strength result for 

different pore size of samples and different sintering conditions. The table included the 

density and porosity data for different pore size of samples and different sintering conditions 

[47].
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Fig. 5. 
Classification of direct energy deposition techniques of additive manufacturing.
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Fig. 6. 
(a) Laser melt injection process using powder [52] and (b) Schematic of laser cladding 

process using wire or filament feed.
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Fig. 7. 
Schematic representation of Laser Engineered Net Shaping (LENS™) process [55].
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Fig. 8. 
Fused deposition modeling process [67].
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Fig. 9. 
(A) Schematic of the indirect FDM processing for making porous ceramic structure. (B) and 

(C) are schematic and microstructure of the sintered porous ceramic part [69].

Bose et al. Page 77

Prog Mater Sci. Author manuscript; available in PMC 2019 August 12.

A
uthor M

anuscript
A

uthor M
anuscript

A
uthor M

anuscript
A

uthor M
anuscript



Fig. 10. 
Schematic Representation of Material Jetting (MultiJet or PolyJet) Process [70].
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Fig. 11. 
Schematic of the powder fusion process [74].
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Fig. 12. 
Chemical equations of free-radical polymerization and cationic polymerization for vat 

polymerization process.
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Fig. 13. 
Schematics of three different light sources for vat polymerization [71].
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Fig. 14. 
(a) Microstructure of MC3T3-E1 cells morphology on HA scaffold after 2 weeks (scaffold-

dark grey and cells-blue) (b) High magnification image showing the strut of HA scaffolds, 

which was totally attached with cells (blue/pink). (c) Microstructure of a crack between two 

struts, which was completely covered by MC3T3 cells and matrix generated by the cells 

(pink). (d) Images of collagen created by the cells (the microtome sectioning destructs the 

mineral scaffold). (e) The CAD design of the resin casting mold. (f) The produced casting 

mold by resin vat polymerization (black) and porous HA structure after the sintering (white) 

[100].
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Fig. 15. 
(A) The scaffold prepared by robocasting method. (B) The in vivo image of scaffold 

implantation in the goat metacarpal bone. (C) Effects of microporosity and BMP-2 on bone 

remodeling a), bone organization b), bone density c) and percent filled with bone tissue d). 

(D) and (E) are the BMP-2 added scaffold after 8 weeks and the microporous scaffold after 4 

weeks with toluidine blue staining. Woven bone stains dark blue and lamellar bone stains 

light blue. Arrows indicate the bone remodeling in (D). (E-a) and (E-b) are in low and high 

magnifications. Arrows indicate (1) stained and (2) unstained regions and (3) regions where 

staining extends into the scaffold in (E) [105].
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Fig. 16. 
(a) The binder jetted scaffolds with different dimension and pore size. (b) Compressive 

strength of scaffolds with different designed pore size. (c) Cell morphology on scaffolds 

with 500 μm pore size (i) & (ii), and 750 μm pore size (iii) & (iv). (d) MTT assay of 

osteoblast cells on porous TCP scaffolds with different designed pore size (**p < 0.05, *p > 

0.05, n = 3). (e) Histological images showing the new bone formation after two weeks (NB: 

new bone, OB: old bone) [47].
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Fig. 17. 
(A-a) The bioplotter, (B-a) scaffolds after the printing, and (C-c) the microstructure of 

scaffolds were shown in (A). (B-a) and (B-b) described the drug release till 100 days and the 

PH change during the release, respectively. (C) showed excellent biocompatibility of 

scaffolds using rBMSC cells [110].
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Fig. 18. 
(A–D) The detail of the cranial and maxillofacial fixation area. (E and F) The general view 

of the whole cranial areas [114].
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Fig. 19. 
(a) Final scaffolds with different pore designs. Comparison of compressive strength prepared 

by polyurethane template (b) and binder jetting (c). The proliferation (d) and ALP assay (e) 

using human bone marrow stromal cells (hBMSCs) on scaffolds. The accumulative release 

of dexamethasone (DEX) on the scaffold (f) [125].
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Fig. 20. 
(a-i) cubic, (a-ii) spherical, (a-iii) X, (a-iv) diamond and (a-v) gyroid were different designs 

for porous bioglass scaffolds and their final parts after laser sintering were showed as (b). 

The MTT assay (c) showed diamond and gyroid designs had improved cell growth and (d) 

indicated that 13–93B3 had a lower bioactivity than 13–93 [130].
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Fig. 21. 
(a) The CAD design of the scaffold and the schematic of the 3D print machine for making 

interconnected porous scaffold. (b) The XRD characterization of pure and doped TCP 

scaffolds after sintering at 1250 °C. Table was the porosity information for different pore 

size design after sintering(c) The compressive strength of sintered scaffolds (dark: doped 

scaffolds, grey: pure TCP). (d) The MTT assay after 3, 7 and 11 days of cell culture using 

osteoblast cells [42].
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Fig. 22. 
(a) The image showing sintered scaffolds by binder jetting method. (b) The XRD peaks after 

different sintering conditions for pure β -TCP and SrO/MgO doped TCP. (c) The 

compressive strength of pure and doped scaffolds by different pore size designs and 

sintering conditions. Histological images showed scaffold (dark grey/black), osteoid 

formation (orange/red) and mineralized bone (green/bluish) after 4, 8, 12 and 16 weeks of 

implantation. (d) and (e) showed the osteoid and new bone formation after 4 to 16 weeks of 

implantation [44,138].
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Fig. 23. 
(A) General microstructure of laser additively manufactured Ti-6Al-4V alloy [56]. (B) 

LENS™ processed porous Ti structures, (C-a) the effects of density on 0.2% proof strength, 

and (C-b) comparison of theoretically calculated and experimental effective moduli of 

porous Ti samples [61]. (D) MTT assay of Ti plate and porous Ti at day 3, day 10, and day 

21 as well as confocal microscopy images of Ti plate and porous Ti at day 10 and day 21 

[141].
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Fig. 24. 
(A) Different Ti-6Al-4V structures manufactured by E-beam melting [143] and (B) Mesh 

Ti64 alloy structures and a replica of human vertebrae fabricated by SLS/DLF technique 

[149].
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Fig. 25. 
(A) NiTi porous implant fabricated by SLS/SLM (left) and the same implant showing bone 

tissue integration after 3 months in a rabbit model [151] and (B) new bone formation in a 

porous Ti alloy implant after 12 weeks [153].
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Fig. 26. 
(a) Ti64 alloy reinforced with BN using LENS™ [160]. (b) LENS™ processed tricalcium 

phosphate (TCP) coating on Ti, (c) osteoblast morphology on uncoated Ti and TCP coated 

Ti after 5 and 10 days of cell culture, and (d) MTT assay of uncoated Ti and TCP coated Ti 

after 3, 5, and 8 days of cell culture [169].
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Fig. 27. 
CoCrMo-Ti6Al4V Structures fabricated using LENS™ (a) with 50% CoCrMo alloy in Ti64 

(b) with 86% CoCrMo alloy in Ti64 and (c) CoCrMo alloy [64].
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Fig. 28. 
(a) Microstructure of LENS™ processed Tantalum on Ti [173]. (b) Wear performance of 

LENS™ processed Ta coatings on Ti [174]. (c) MTT assay of Ti, Ta coating, and Ta + MgO 

coating after 3, 7, 11 days of osteoblast cell culture as well as (d) osteoblast morphology of 

Ti, Ta coating, and Ta + MgO coating after 7 days of osteoblast cell culture [175].
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Fig. 29. 
SLM processed porous Niobium coating on Ti [177].
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Fig. 30. 
Functionally graded WC-Co composites fabricated by laser cladding [179].
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Fig. 31. 
E-beam process for CoCrMo alloy: Set (A) E-beam process key feature and powder 

distribution and dense E-beam processed samples and set (B) Porous femoral knee E-beam 

processed components [181].
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Fig. 32. 
Microstructure showing annealing twins in CoCrMo after E-beam processing and annealing 

[181].
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Fig. 33. 
(1) The bioprinting of VEGF released fibrin gel, collagen and C17.2 cells. (2) C17.2 cell 

proliferation on three concentrations of collagen scaffolds after 3 days of culture (A, B, C - 

1.74 mg/mL; D, E, F - 1.16 mg/mL; G, H, I - 0.87 mg/Ml; A, D, G - Bright-field cell 

images; B, E, H - Calcein AM live fluorescence images and C, F, I - ethidium-homodimer 

(EthD-1) dead fluorescence). (3) Time lapse photos showing cell migration and proliferation 

of fibrin gel containing VEGF loaded collagen scaffolds (A–D), fibrin gel containing VEGF 

absent collagen scaffolds (E–H) and fibrin gel matrix absent VEGF loaded collagen 

scaffolds (I–L) at 3 h, day 1, day 2 and day 3. The range of the affected cells displaying 

these morphological changes (a white vertical dot line) was broadened with time lapse. 

Fibrin gel containing VEGF loaded collagen scaffolds showed cluster cells formation and its 

area increased as the time went by (4) Time lapse photos showing effects of VEGF-

containing fibrin gel (left column-fibrin gel contained and right column-fibrin gel absent) on 

cells at 3 h, day 1, day 2 and day 3. C17.2 cells (black square, a and d) moved toward the 

border (black thick line) of the fibrin gel (*) over the observation time (3 days). Cells in 

black circles (b, c, e, and f) continued proliferation and differentiation with formation of cell 

clusters during migration [189].
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Fig. 34. 
(A) Schematic of projection stereolithography. (B) CAD designs of woodpile hexagonal 

scaffolds. (C) Final woodpile and hexagonal scaffolds by stereolithography (D) and (E) 

showed the low strain and high strain modulusof different scaffolds. (F) HUVECs viability 

after 1, 4 and 7 days of culturing on woodpile and hexagonal scaffolds. (G) 

Immunofluorescence micrographs showing biological functionality of cells using different 

markers [196].
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Fig. 35. 
(A) Porous chitosan scaffolds after the printing. (B) Physical properties of scaffolds prepared 

by different chitosan based materials (C) DNA concentration (C-a), ECM collagen 

concentration (C-b), ALP concentration (C-c) and calcium concentration (C-d) for in vitro 
characterization using osteoblast cells till day 21. (D) H&E and SEM images showing the 

cell morphology. (E) Von Kossa staining images showing the mineralization by black [200].
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Fig. 36. 
(1) The SLS manufactured porous PLA scaffolds (2) Femur-derived cells proliferation in 

basal medium (α- MEM/10% FCS), osteogenic culture medium (α -MEM/10% FCS with 

100 lM ascorbate and 10 nM dexamethasone), basal medium on PLA scaffolds and 

osteogenic culture medium on PLA scaffolds after 0, 3 and 7 days. (3-A) Femur-derived 

cells loaded PLA scaffold in vivo. (3-B) and (3-C) were fluorescence image showing viable 

fetal femur-derived cells via Vybrant CFDA SE Cell Tracer Kit and polarized light 

micrograph showing newly formed collagen, respectively. X-ray images of defect site 

without the PLA scaffold (4-A) and with the PLA scaffold (4-B) and with the femur-derived 

cells loaded PLA scaffold (4-C) after 28 days of implantation [211].
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Fig. 37. 
(1) Microspheres with BMP-2 (2) Scaffolds loaded with microspheres/BMP-2 (3) BMP-2 

release on microsphere only and microsphere loaded scaffolds (4) Cell proliferation analysis 

showing the enhancement of MSTL scaffolds on pre-osteoblasts in vitro. (5) Cell 

differentiation evaluation by performing RT-PCR using ALP, osteocalcin and collagen type I 

as markers on BMP-2 loaded MSTL scaffolds, BMP-2 unloaded MSTL scaffolds and 

traditional scaffolds. (6) Bone formation area of different scaffolds after implanting into rat 

cranial bone defect model for 6 and 11 weeks. From (7-A) to (7-D), they were CT images of 

negative control, BMP-2-unloaded traditional scaffold, BMP-2-unloaded MSTL scaffold and 

BMP-2-loaded SFF scaffold after 11 weeks of in vivo study in rat cranial bone defect model. 

Controlled release of BMP-2 significantly improved the new bone formation [219].
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Fig. 38. 
(1) The schematic the FDM process for making composite scaffolds (2) Final scaffolds with 

different pore designs. (3) The compressive strength of scaffolds with different porosities. 

(4) The SEM image showing osteoprecussor cells adhesion [236].
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Fig. 39. 
(1) The 3D-plotting system (A), the scaffold in printing (B), CAD design of XY (D) and 

XXYY pattern (F) and printed scaffolds (wet state, after crosslinking and dry state, from left 

to right) with XY (C) and XXYY pattern(F). (2) The compressive strength and modulus of 

scaffolds with 0%, 10%, 30% and 50% of bioglass after certain time of SBF immersion ((A-

B)-XY pattern and (C-D)-XXYY pattern). (3) The human bone marrow-derived 

mesenchymal stem cells viability (A) and ALP activity of scaffolds with 0%, 10%, 30% and 

50% of bioglass after 1 and 7 days of culturing. (4) The accumulative release of 

dexamethasone loaded on scaffolds with 0%, 10%, 30% and 50% of bioglass [239].
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Fig. 40. 
The schematics of three major bioprinters [261,262].
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Fig. 41. 
(a) Computationally predicted linear wear contours of wear geometry on (a) Head and (b) 

Cup for 50 million cycles as viewed in the direction that is through the center and pole of the 

cup surface [301]; Wear map generated by a custom-made Matlab program on retrieved 

ASR™ head and it’s paired cup after 9 months. Dark blue color shows areas not worn 

whereas red color indicates the deepest worn areas [302].
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Fig. 42. 
Hip stem, human pelvis and WSU logo printed by binder jetting 3D printer using TCP [94].
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Fig. 43. 
(a) CAD design of the porous scaffolds (b) Schematic of binder jetting 3D printing of porous 

TCP scaffolds (c) Goldner’s trichrome staining of the implant section and histomorphometry 

of new bone formation (orange) (d) Confocal image of collagen I formation (green) and its 

histomorphometry (e) Confocal image of osteocalcin (green) and its histomorphometry (f) 

vWF staining of the implant section and histomorphometry of blood vessels (dark red spots) 

[264].
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Fig. 44. 
(1) Schematics of the process. (2) The oriented fiber structure and myotube alignment after 

the mouse myosin (MF20) seeding (3) Effects the concentration of printed FGF-2 or BMP-2 

on Scx and ALP expression, respectively. (4) Effects of printed FGF-2 and BMP-2 on ALP, 

MF20 and Scx expressions [266].
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Fig. 45. 
(1) Top one is the schematic of the machine used for making scaffolds. Bottom one shows 

the final scaffolds and the microstructure of different regions. (2) Cross-section and outer 

images of MTT stained osteochondral scaffolds after 24 h of a top seeding (a, c) and 

rotational seeding (b, d) methods using ovine articular chondrocytes from the femoral 

condyle. Two tables contain the compositional information and mechanical property of the 

composite scaffold [271].
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Fig. 46. 
(1-a) The schematic of the manufacture for the tooth-ligament complex. (1-b) The final 

assembly structure and microstructure of different regions. (2a–c) Bone volume fraction, 

bone mineral density and length of cementum- like tissue after implantation for 3 and 6 

weeks. (2-d) H&E staining images showing cementum-like tissue formation on the dentin 

surface at 3 weeks for hPDL/BMP-7-hGF cell-seeded samples and at 6 weeks for BMP-7-

hGF cell-seeded and hPDL/BMP-7-hGF cell-seeded samples [280].
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Fig. 47. 
(1-A) The schematic of the manufacture of vascular constructs. The perfusion setup (1-B) 

with the perfusion chamber (1-C) and cross-section view under the perfusion process (1-D). 

(2-A) The designed vascular construct structure. MFMT image (2-B), micro-CT image (2-C) 

and combined images (2-D-H). (2-I) The confocal image. The pink dashed lines showed the 

top blood vessel, and the pink dashed circle showed the deeper inclusion vascular area 

located by micro-CT [287].

Bose et al. Page 115

Prog Mater Sci. Author manuscript; available in PMC 2019 August 12.

A
uthor M

anuscript
A

uthor M
anuscript

A
uthor M

anuscript
A

uthor M
anuscript



Fig. 48. 
(A) The design of the bionic ear. (B) The printing device with different printing inks. (C) 

Image of the experimental setup used to characterize the bionic ear. The ear is exposed to a 

signal from a transmitting loop antenna. The output signal is collected via connections to 

two electrodes on the cochlea. Scale bar is 1 cm. (D) Response of the bionic ear to radio 

frequencies (E) Photograph of complementary bionic ears listening to stereophonic audio 

music (F) Transmitted (top) and received (bottom) audio signals of the right (R) and left (L) 

bionic ears [294].
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Fig. 49. 
(A) Actual liver of a recipient and 3D-printed liver. The arrows indicates a regenerative 

nodule in both and 3D-printed liver and the native liver. (B) Preoperatively 3D-printed right 

lobe and actual right lobe of a donor [297].
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Table 1

Particle size and shape requirements for dry/wet powder binder jetting.

Dry powder binder jetting Wet powder binder jetting

Preferred particle size >20 μm [2–5] <5 μm [2]

Preferred particle shape Spherical powders [6,7] Faceted and anisotropic powders [7]
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Table 2

Binder categories with their available materials, advantages and disadvantages.

Binder 
categories

Available materials Advantages Disadvantages

Organic binder Butyral resins [7]
Polymeric resins [3]
Polyvinyls [15,16]
Carbohydrates [17]
Polycarbosilazane [7]
Polysiloxanes [18]
Aluminum amides [19]
Pyrrolidone [20]

1 It can be used almost for all powder 
materials.

2 It can be easily removed with little 
residue.

It is easy to clog the print head

Inorganic 
binder

Colloidal silica [12]
Aluminum nitrate [21]
Alumina [22]

The whole bed can be heated to bind parts within 
the bed

It may not react with powder 
immediately after deposition

In-bed binder Maltodextrin [23]
Sucrose [24]
Plasters [14]
Cements [3,13]

1 It is not specific to certain powder 
and can be totally removed by high 
temperature

2 Deposited liquid is simple and 
reliable

The optimization steps are 
sometimes complicated

Acid-base 
binder

10 v/v% phosphoric acid and citric 
acid [25]
Polyvinyl pyrrolidone [26]

Strong binding forms with barely any residues 
after thermal treatment

It is limited to only a small 
range of powders

Metal salts 
binder

Silver nitrate [27] Multiple binding pathways, such as salt 
recrystallization, salt reduction and salt 
displacement reaction, can be used

In salt reduction pathway, bulk 
material must be resistant to the 
heat reduction

Solvent binder Chloroform [28,29] Part purity is high It is a method normally for 
polymers

Phase-changing 
binder

2-Methylpropane-2-OL [30] It can be used for most powder There is a limit for post print 
heating

Sintering 
inhibition 
binder

heat-isolating materials, chemical 
oxidizers, sintering inhibitors and 
heat-reflective materials [31]

It only needs jetting at the part boundary Excess powder will 
contaminate the part
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Table 3

Different print heads and their advantages and disadvantages.

Type of print heads Subcategories Advantages Disadvantages

Drop-on-demand (DoD) 
print heads

Piezoelectric heads It is easy to control ink development Rheological property of the ink must 
be controlled carefully

Thermal inkjet heads No solid material is deposited, which prevents 
from clogging the head [37]

The dissolution of the vaporized 
liquid must be quick

Continuous-jet (CJ) print 
heads

None It has options of proportional deflection, higher 
printing rate, better surface finish and slower 
traverse speed than DoD [36,38]

The ink should be inductively 
chargeable
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Table 4

Different laser based powder bed fusions and their starting manufactures.

Laser based PBF Starting manufacturers

Selective laser sintering (SLS) EOS (Krailling, Germany)

Selective laser melting (SLM) SLM Solutions GmbH (Lübeck, Germany) and Über ReaLizer (Borchen, Germany)

Direct metal laser sintering (DMLS) EOS (Krailling, Germany)

Laser curing CONCEPTLASER (Lichtenfels, Germany)
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Table 5

Differences of the feature between SLM and EBM [74].

SLM EBM SLM EBM

Power source One or more fiber lasers of 200–1000 W High power Electron beam of 3000 W

Build chamber environment Argon or Nitrogen Vacuum/He bleed

Method of powder preheating Platform heating Preheat scanning

Powder preheating temperature (°C) 100–200 700–900

Maximum available build volume (mm) 500 × 350 × 300 350 × 380 (ØxH)

Maximum build rate (cm3/h) 20–35 80

Layer thickness (μm) 20–100 50–200

Melt pool size (mm) 0.1–0.5 0.2–1.2

Surface finish (Ra) 4–11 25–35

Geometric tolerance (mm) ±0.05–0.1 ±0.2

Minimum feature size (μm) 40–200 100
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Table 6

Photo-reactive materials and their photoinitiators.

Categories Photo-reactive polymers Photoinitiators References

Acrylates Di-ethoxylated bisphenol A dimethacrylate or diacryl 101 2,2-Dimethoxy-2-phenylacetophenone or 
DMPA

[81]

1,6 Hexanediol diacrylate (HDDA) 1-Hydroxy-cyclohexyl phenyl ketone [82]

Acrylamide Phosphine oxide and ketone derivative [83]

Ammonium persulfate [84,85]

Acrylic and silicon acrylate 1-Hydroxy-cyclohexyl-phenyl-khetone 
Irgacure 184

[86,87]

2,2′-bis[4-(methacryloxyethoxy)phenyl]propane (Diacryl 
101) and HDDA

2,2′-Dimethoxy-2-phenylaceto-phenone [88,89]

Epoxies SL5180 resin Sulfonium salt [90]

3,4-epoxycyclohexylmethyl-3,4-epoxycyclohexylcarboxylate 2,2′-Dimethoxy-2-phenylaceto-phenone 
(DMPA)

[88,89]

SL5170 resin Sulfonium salt [91]

Combined 
photo-reactive 
materials

4-Epoxycyclohexylmethyl-3,4-epoxycyclohexylcarboxylate 
and trimethylolpropane triacrylate (SOMOS 6100)

2,2′-Dimethoxy-2-phenylaceto-phenone 
(DMPA)

[88,89]
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Table 7

The dissolution property of several important calcium phosphate materials with their Ca to P ratio [95,97].

Chemical name Usual 
symbol

Chemical formulation Mineral name Atomic ratio 
Ca/P

Space 
group

Solubility product

Monocalcium phosphate MCP Ca(H2PO4)2·H2O - 0.5 - 1.0 × 10−3

Dicalcium phosphate 
dihydrate

DCPD CaHPO4·2H2O Brushite 1.00 2/m 1.87 × 10−7

Dicalcium phosphate DCP CaHPO4 Monetite 1.00 P1 1.26 × 10−7

Octocalcium phosphate OCP Ca8H2(PO4)6·5H2O - 1.33 - 5.01 × 10−15

Tricalcium phosphate TCP Ca3(PO4)2 - 1.50 R3c 2.83 × 10−30

Hydroxyapatite HAP Ca10(PO4)6·(OH)2 Hydroxyapatite 1.67 P63/m 2.35 × 10−59

Tetra-calcium phosphate TTCP Ca4O(PO4)2 - 2.00 P21 -
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Table 8

The AM processings of ceramic/polymer composites with their rationales.

Ceramic Polymer AM method Rationale Reference

HA PCL Material 
extrusion (wet-
spinning)

PCL has excellent biocompatibility and slow degradation, while 
it can lead inflammatory reaction and the loss of mechanical 
strength caused by the degradation. HA can enhance the 
bioactivity and mechanical properties of PCL and reduce the acid 
environment caused by the PCL degradation

[246]

SLS PCL has excellent thermal stability for SLS. HA can further 
improve the biocompatibility and bioactivity of PCL

[247,248]

Nano-HA PDLLA SLA PDLLA is appropriate for SLA process, but its brittleness limits 
its application. Nanometer HA is able to improve biological and 
mechanical properties of the composite scaffolds

[243]

TCP
TCP

PLGA/PCL Material 
extrusion 
(multihead 
deposition)

PLGA has positive effects on tissue reconstruction, but it can’t 
maintain the shape because of its bad mechanical property and 
rapid degradation. TCP has excellent biocompatibility, 
osteoconductivity and can improve the mechanical property of 
PLGA. PCL is able to improve the processibility and toughness 
of the composite

[249]

Polypropylene (PP) FDM PP has high flex life, great stress cracking resistance as well as 
good processing ability by FDM. TCP is an accepted bone 
substitute material.

[236]

PCL FDM PCL has a low melting point of 60 °C and high deposition 
temperature of 350 °C, which is excellent for FDM process. TCP 
is bioactive, osteoconductive and shows minimal immunologic 
response

[250–252]

PDLLA SLM PDLLA has low melting point to glue TCP within the PDLLA 
matrix. In addition, incorporating TCP can reduce the acid 
environment caused by PDLLA degradation.

[242]

PLLA Material 
extrusion (low-
temperature 
deposition)

The PLLA is needed for the low temperature process. The 
addition of TCP can improve its mechanical and biological 
properties

[253]

HA/TCP Agarose SLA (Negative 
SLA mold 
elimination)

Agarose is a biocompatible hydrogel. HA/TCP has excellent 
biocompatibility, bioactivity and osteoinductivity for bone 
reconstruction

[254]

Bioglass PCL SLA FDM Bioglass can interact with bone tissues and form strong bonding 
and the released ions can induce angiogenesis, but it has bad 
processibility and roughness. In addition, certain bioglasses have 
antimicrobial effects. PCL has excellent processing ability and 
biocompatibility as well

[237,244]

PLA/PEG Material 
extrusion 
(nozzle-
deposition)

PLA is a FDA approved biodegradable polymer. Bioglass has 
controlled biodegrafability and excellent bioactivity in vitro and 
in vivo. PEG works as plasticizer for assisting the processing

[213]

Mesoporous 
bioactive glass 
(MBG)

Alginate Material 
extrusion (3D 
plotting)

MBG has mesopore-channels with high orders leading its 
excellent bioactivity. Alginate is featured with excellent 
biocompatibility, biodegradation as well as crosslinking ability 
under mild conditions

[239]

Calcium 
phosphate

Collagen Binder jetting Calcium phosphate can bound with binder through dissolution-
precipitation reaction. Incorporating collagen can improve 
biomechanical property, osteoconductivity and osteoinductivity

[245]

PCL Negative 
material 
extrusion for 
mold followed 
by injection 
molding

PCL has excellent biodegradability and innate rigidity for making 
scaffolds. Calcium phosphate is the major inorganic component 
of the bone

[255]

Carbonated 
hydroxyapatite

PLLA SLS Both PLLA and PHBV have excellent biodegradability and 
biocompatibility with blood and tissue. In addition, PLLA owns 
excellent solubility and processibility in organic solvent. Nano 

[241]
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Ceramic Polymer AM method Rationale Reference

Nano calcium 
phosphate

calcium phosphates have high surface area with biomimetic 
similarity to the natural bone

Poly 
(hydroxybutyrate-
co-hydroxyvalerate) 
(PHBV)
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