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Introduction 

The application of calcium phosphate ceramics has  

become largely used in the biomedical field because  

of the close similarity of its structure and chemical 

composition to natural bone. Indeed, Wei and Ma [1] 

observed that fluoroapatite (Fap) and hydroxyapatite (Hap) 

were capable of biomineralization, osteoinduction,  

and osteointegration. Similarly, Liu [2], Tas et. al., [3],  

Rao, Roopa and Kannan [4] and Smolen et. al., [5] agreed 

that Fap and Hap presented a good biocompatibility. 

Equally, Singh [6] praised apatites for their bioactivity. In 

addition, Ben Ayed, Bouaziz and Bouzouita [7-9], and Ben 

Ayed and Bouaziz [10] reported that Fap (Ca10(PO4)6F2: 

Fap) proved to have similar physicochemical properties to 

the natural bone. Furthermore, Chaari et. al., [11] and 

Chaari, Bouaziz and Bouzouita [12] observed that this 

material showed a good thermal stability. Moreover, 

Nabiyouni et. al., [13] and Elghazel, Taktak and Bouaziz 

[14] revealed that Fap had a good resistance corrosion in a 

physiological medium. Athanaela et. al., [15] and Tredwin 

et. al., [16], argued that the amount of the Fluoride ions F- 

released directly affected the cell attachment and the 

proliferation, morphology and differentiation of osteoblast 

cells. Athanaela et. al., [15] explained this by the fact that 

the fluorine ion itself enhances mineralization and 

crystallization. 

In parallel, Yang and Xiang [17] and Chen et. al., [18] 

insisted that other properties were required for a biomaterial 

to be a good replacement for natural bone such as 

biocompatibility, strength, fatigue durability, non-toxicity, 

corrosion resistance, and sometimes aesthetics. Within the 

same line of thought, Zhou and Lee [19] revealed that any 

clinical applicability of bioceramics was restricted by its 

poor mechanical strength. Hence, research focused on the 

porosity as a vital property to enhance the efficiency of a 

material in this field. Indeed, Lu, Lu and Xiao [20], 

Tampieri et. al., [21], Lu et. al., [22] and Kim et. al., [23] 

agreed that because bioceramic scaffolds were porous 

biomaterials, they were perfect materials as a replacement 

for natural bone. 

As a consequence, research revealed that whereas 

macroporosity with pore diameter greater than 100 μm 

represented a paramount advantage of the structure because 

it facilitated cells proliferation, microporosity with pore 

diameter lesser than 10 μm allowed the penetration of 

physiologic liquids in the implant. Hence, Lobo et. al., [24] 

designed a biphasic calcium phosphate ceramic for bone 

regeneration. Furthermore, Gauthier et. al., [25], Hing et. 

al., [26], Hing, Wilson and Buckland [27] Legros et. al., 

[28] and Mastrogiacomo [29] used porosity as a strategy to 

control the dissolution and re-precipitation rate since they 

discovered that a higher porosity rate induced a faster speed 

of the implant degradation and the natural bone 
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proliferation. However, despite this consensus on the merit 

of porosity, there was a major concern with the use of 

porous implants in highly loaded applications. Indeed, there 

were observed negative effects of porosity on fatigue 

strength of the material. 

For this reason, the main objective of this work was to 

attempt to optimize the mechanical strength of the porous 

bioceramics through the control of their pore size, shape 

and distribution adopting an improved sponge replication 

method. 

Experimental 

Materials used 

Following the wet method adopted by Ben Ayed et. al., [7] 

and Chaari et. al., [11], Fap was synthesized according to 

the following reaction: 

6(𝑁𝐻4)2𝐻𝑃𝑂4 + 10𝐶𝑎(𝑁𝑂3)2 + 2𝑁𝐻4𝐹 + 6𝑁𝐻3(𝑎𝑞)               

                    𝐶𝑎10(𝑃𝑂4)6𝐹2 + 20𝑁𝐻4𝑁𝑂3 + 6𝐻2𝑂 

A calcium nitrate solution (Ca(NO3)2.4H2O, Merck) 

was slowly added using a peristaltic pump to a boiling 

diammonium phosphate ((NH4)2HPO4, Merck) and 

ammonium fluoride (NH4F, Merck) solution containing 

NH4OH to maintain the pH at 9. The precipitate was then 

filtered, washed with hot distilled water, dried at 70°C 

overnight and calcined at 500°C for 1h under nitrogen 

atmosphere. The physical and thermal characteristics of this 

powder are presented in Table 1. 

Table 1. Characterization of the Fap powder. 

 SSA(1) DBET 
DTA 

(endothermic peak) 

Sintering 

domain(2) 
dth

(3) 

Fap 29 m2.g-1 0,065 μm 1180°C 715-1100°C 3,19 

(1) specific area 

(2) sintering domain temperature determined by shrinkage 

(3) theoretical density 

The dispersant used in the suspension preparation, 

sodium tripolyphosphate (Na5P3O10: Stpp), was provided 

by Alkimia, Tunisia. Three polyurethane foam ranges were 

used as support and marked: M15-17, M20-22 and M28-30 

corresponding respectively to 43.39 and 22 pores per inch. 

These ranges of foam presented the advantage of having 

entirely opened and uniform cells. Porosity was often 

expressed in number of pores per inch (ppi). Therefore, the 

higher the ppi index was, the smaller the macropore size 

was. 

Porous fap ceramic preparation 

The porous bioceramic were prepared using the 

impregnation of a macroporous structure in well-

proportioned slurry. Before proceeding to the impregnation 

of samples, it was necessary to undertake studies of the 

solid-liquid interface characterization and the rheological 

behavior of concentrated suspensions. The optimum 

conditions leading to slurries well dispersed, stable and tape 

casting in the polyurethane foam macroporosities were 

identified following Chaari et. al., [11]. The optimal 

conditions were the following: 60 wt% Fap; 0.7 wt% Stpp; 

pH of the suspension approximately 6.5 providing a 

viscosity higher than 100 mPa.s, using a constant shear rate 

at 100 s-1. 
This work adopted the method that create an identical 

copy of the sponge where the microporosity and 

mesoporosity would be filled with the suspension and the 

macroporosity would be kept as the porosity of the material. 

Moreover a few macropores were obstructed to improve the 

mechanical resistance of the obtained bioceramic since 

biomaterials such as apatite were characterized by low 

mechanical resistance. The manufacturing method used 

was inspired by Wang et. al., [30] and Bowen and Thomas 

[31]. Indeed, the polyurethane foams were impregnated in 

the optimal slurry. When removed from the slurry, the 

specimen was a composite of biomaterial and polymer. 

These polymeric foams with various macroporosity sizes 

were retrieved full concentrated suspension. The slurry 

excess was removed with a foam pressing hand. Finally, the 

samples were sintered at T > 900 °C after normal heating 

under air flue at T < 500 °C. 

The temperature of the polyurethane elimination was 

evaluated using thermogravimetric analysis with several 

heating kinetics (Setaram DTA-TG). 

Mechanical properties of porous Fap specimens were 

assessed using compressive strength testing (Lloyd 

Instruments). The maximal rupture strength was 

determined using the equation (1) 

𝑐 =
𝐹

𝑠
                                                             (1) 

where (F) is the tensile strength and (s) is the sample area, 

perpendicular to the load application axis. 

Morphologies and microstructures of the sintered 

porous samples were observed using a scanning electron 

microscopy (SEM, Philips XL 30). The pore size 

distribution and porosity of the samples were analyzed 

using a mercury intrusion porosimetry (Micromeritics Auto 

Pore IV 9500). Three to four specimens were selected to 

determine porosity with an error of less than 1 % of the 

measured porosity value. The compressive strength of 

samples was measured using a universal material testing 

machine (Lloyd testing machine) at a crosshead speed of 

1.0 mm/min. 

Results and discussion 

Optimization of the drying and the calcination conditions 

Because the drying might cause cracks in the porous 

materials with low thickness walls, it was considered a 

critical stage. As a consequence, this process was given 

special attention in this work. After drying the samples 

overnight at room temperature, they were dried in an oven 

at 100°C for 5h. These conditions appeared sufficient in 

function of the specimen’s size and the slurry water 

contents. 

Then, knowing that the generation of macroporosities 

required calcinations and sintering, it was necessary to 

spray the polymeric foam. This process had to be conducted 

respecting several conditions. Firstly, special care had be 



  

taken so as not to damage the not-yet-sintered structures. 

Secondly, special attention should be considered so as not 

to leave any residues after the material calcination. Thirdly, 

the furnace should not be contaminated by the release of 

hydrocyanic acid. Therefore, the organic matrix of the 

samples had to be degraded in a special degassing furnace. 

The best way to optimize the thermal cycle was to perform 

thermogravimetric analyzes of the foams with various 

kinetic heating. Fig. 1(a) Shows the mass loss in function 

of the temperature rate raising. It was observed that despite 

the similarity of the mass loss pattern at the three tested 

rates of 1, 3 and 5 °C.min-1, the temperature raising rate of 

1°C.min-1 yielded the same mass loss at a temperature  

< 400°C. Hence, this latter temperature rate raising was 

adopted in this study since it served two objectives; namely, 

the energy saving and the desired gas release speed.  

Fig. 1(b) illustrates the mass release in function of 

temperatures. It revealed that over 80 % of the weight loss 

occurred at temperatures ranging between 270 and 450°C. 

This work revealed that temperatures lower than 270°C 

seemed insufficient to trigger the polymer mass loss; i.e. to 

help gas release. In contrast, temperatures higher than 

450°C seemed to lead to partial or total burnout of the 

organic structure. The comparative analysis of the 

isotherms allowed to choose a temperature close to 290°C 

with a duration of about 16 h. This cycle seemed to allow 

the elimination of more than 80 % of the polymer mass. 

Then, the residue was removed during a temperature 

increase rate of 1°C.min-1 up to 600°C. The resulting 

specimens reached a critical low mechanical strength but 

were handled manually. 

 
Fig. 1. Thermogravimetric analysis (a) Mass loss in function of 

temperature raising rate; (b) Mass loss in function of heating temperatures. 

Sintering and characterization of macroporous samples 

After the calcination stage, the resulting specimens had a 

relative density close to 50% of the theoretical density.  

The obtained material was formed by weakly linked grains. 

At cellular body, the material contained two types of 

porosity: a residual microporosity resulting from granular 

assembling and a macroporosity created intentionally. The 

sintering process resulted in the wall densification with 

partial or total microporosity disappearance and the 

preservation of the macroporisity. 

 This study collected all the parameters that affected 

the mechanical behavior of the bioceramics under 

investigation. As a result, two types of parameters were 

highlighted. Firstly, there were the parameters 

characterizing the samples sintering conditions such as the 

sintering temperature and the sintering time. Secondly, 

there were the parameters characterizing the specimen 

morphology such as the specimen shape and surface and the 

pore diameter. 

 
Fig. 2. Graphic presentation and SEM images of the bioceramic 

macropores compressive strength evolution. (a) Measured porosity and 

compressive strength in function of ppi; (b) SEM micrograph of sample 

with 22 ppi; (c) SEM micrograph of sample with 43 ppi (scale 1mm, 48x). 

(ppi: pores by inch). 

Effect of pore diameter 

Fig. 2 exhibits the graphic presentation and SEM images of 

the bioceramics compressive strength evolution. As can be 

clearly seen on the graph, the increase of the macropores 

diameters resulted in a decrease in the mechanical strength. 

This finding would confirm the observation mentioned in 

section 1 above about the critical low mechanical strength 

of the samples. It can be explained by the fact that although 

there is an integral transmission of the forces applied 

gradually in the plans perpendicular to the pressure applied 

axis, the rupture strength depends on the number of contact 

points between two cells junctures; i.e. the number of 

vertical walls surrounding the pores. Consequently, it can 

be admitted that the number of inter-pore walls would be 



  

responsible for the specimen mechanical resistance. Fig. 

2(b) and Fig. 2(c) would add further support to this idea. 

Indeed, as can be clearly seen in Fig. 2(b), the number of 

walls between the pores were lower than the number of 

walls separating the pores in Fig. 2(c) corresponding to the 

number of ppi in the former polymer. Therefore, the 

compressive strength of the sample with 22 ppi (3.4 MPa) 

would be much lower than that in the sample with 43 ppi 

(6.8 MPa). In other words, the higher the ppi number was, 

the greater the number of walls was and therefore the 

stronger it resisted to pressure. 

 Hence, it can be hypothesized that there were two 

correlated phenomena: (i) an increase of the number of 

walls per inch2 as a consequence of the increase in ppi; (ii) 

an increase of the cells blocked number as a consequence 

of the pore size decreases. This hypothesis may lead to find 

a compromise between the obstruction of a certain number 

of pores causing a reduction of porous volume from 78 

vol% for 22 ppi to 64 vol% for 43 ppi which would enhance 

the breaking strength. This hypothesis helped to decide that 

43 ppi was the optimum choice for a satisfactorily resistant 

polymeric foam with the adequate pore size for medical 

use. 

Effect of the sintering temperature 

As can be seen in Fig. 3(a), the sintering of samples was 

conducted in temperatures ranging between 800 °C and 

1250 °C for 2 h. The compressive strength seemed to have 

increased with the increase of temperature while its 

porosity volume decreased. 

 
Fig. 3. Graphic presentation and SEM images of the effect of the sintering 

temperature on the porosity and the compressive strength of bioceramics; 

(a) Graphic presentation of the effect of the sintering temperature on the 

porosity and the compressive strength; (b) SEM micrograph of sample 

solid wall sintered at 800 °C for 2 h; (c) SEM micrograph of sample solid 

wall sintered at 1000 °C, 2 h; (d) SEM micrograph of sample solid wall 

sintered at 1250 °C, 2 h. 

The decrease of the pore volume could be explained by 

an increase in wall densification around the macropores. 

Fig. 3(b) and Fig. 3(c) illustrate this microstructure 

evolution. Indeed, in Fig. 3(b), and Fig. 3(c), the SEM 

microgrphs of the samples sintered at 800 °C and 1000 °C, 

respectively, the pore density was clearly very high 

although it actually decreased from 67 vol% to 64 vol% as 

indicated in Figure 3a. However, porosity substantially 

decreased at the sintering temperature 1250 °C as shown in 

Fig. 3(d). Simultaneously, the compressive strength, which 

was just above 1 MPa at 800 °C, rose sharply with the 

increase of temperature to reach 7 MPa at 1000 °C, as 

shown in Fig. 3(a). Hence, the lowest porosity volume 

corresponded to the highest compressive strength. This can 

be explained by the fact that the decrease of the pore 

volume resulted in a better wall densification surrounding 

the pores. 

The re-increase in the porosity volume at temperatures 

greater than 1000°C and the gradual decrease in the 

compressive strength would be attributed to the re-

appearance of micropores. This was rightly explained by 

Ben Ayed, Bouaziz and Bouzouita [7] and Franz and Telle 

[32] as a result of the liquid phase formation and the volatile 

products departure generated by the Fap hydrolysis 

reaction. At this stage, the excessive presence of 

micropores can initiate specimens rupture as illustrated by 

Fig. 3(d). 

 
Fig. 4. Effect of sintering time on porosity and compressive strength of the 

bioceramics: (a) graphic presentation of effect of sintering time on 

porosity and compressive strength; (b) SEM micrograph of sample solid 

wall sintered at 1000 °C for 120 mn; (c) SEM micrograph of sample solid 

wall sintered at 1000 °C for 600 mn. 
 

Effect of the sintering time 

Fig. 4 shows the effect of sintering time on porosity and 

compressive strength: The graphic presentation exhibited in 

Fig. 4(a), shows clearly that the compressive strength 

increased in function of the heating time from 6 MPa to 7.5 

MPa. Then, it stabilized after 300 mn. In contrast, the 

porosity volume of the sample decreased in function of the 

heating time from 67 vol% to 63 vol%. Then, it stabilized 



  

after the same period of time. This observation was 

confirmed by the SEM images presented in Fig. 4(b) and 

Fig. 4(c). Indeed, whereas Fig. 4(b) shows a dense porosity 

at the beginning of the heat treatment, Fig. 4(c) exhibits a 

less dense porosity after 300 mn of heat treatment. This can 

be explained by the fact that during sintering the wall 

microstructure of the pores was consolidated by two mass 

transfer mechanisms, i.e., volume diffusion and diffusion at 

the grain boundaries. Nevertheless, beyond 300 mn, the 

contribution of these mechanisms to the densification 

increase of the pore walls seemed to have ceased. 

Effect of the specimen surface area on the compressive 

strength 

Fig. 5 exhibits the effect of the surface area on the 

compressive strength. The compressive strength depends 

on the number of contact points between two pores, i.e.  

the number of the vertical walls these two pores. This 

number of walls being directly proportional to the sample 

surface, it would be logical to expect that the compression 

strength increases proportionally with the surface area. 

However, as can be clearly observed in Fig. 5, the greater 

the surface area was, the lesser the compressive strength 

became. Indeed, the compressive strength decreased from 

8.1 MPa for an area of 5×5 mm2 to only 5.6 MPa for an area 

of 25×25 mm2. 

To better understand this unexpected relation between 

the surface area and the compressive strength, it was 

hypothesized that for the same number of vertical walls per 

mm2, the difference of the breaking strength values  

would be attributed only to the non-uniformity of the 

mechanical behavior of every walls. Indeed, a closer 

observation of the damaged samples because of their 

brittleness revealed that they had a heterogynous wall 

thickness. Precisely, the walls surrounding the pores grew 

thinner and thinner at the center of the sample where the 

surface area was larger. Therefore, it would be highly 

recommended to pay special attention during the 

impregnation stage of polymeric foams in order to 

reproduce pore walls with a homogenous thickness. 

 

Fig. 5. The compressive strength evolution in function the samples surface 

area. 

 

Fig. 6. Evolution of the compressive strength in function of the volume 

percentage of the pores in bioceramics. 

Effect of the porous volume 

As can be seen in Fig. 6, the compressive strength had an 

indirect relation with the porosity volume percentage. In 

other words, the increase in porous volume percentage 

seemed to induce a decrease in the rupture strength. Indeed, 

for 65 vol% of porosity, the compressive strength was 7 

MPa. However, for while 78 vol% of porosity, the 

compressive strength dropped to only 4 MPa. 

This finding was in total agreement with Chaari et. al., 

[33] who designed dry process porous bioceramics with a 

porosity of 48.5 vol% and a rupture strength of 4 MPa. This 

product had a better compressive strength than that 

produced by Slosarczyk [34] with a porous volume equal to 

64 vol% and a compressive strength of only 1.89 MPa. 

However, Lelièvre [35] obtained a better compressive 

strength of 4.2 MPa with a porosity of 48.5 vol%. 

Neverless, this scholar’s finding required optimum 

conditions that were very difficult to achieve in normal 

production environments. Similarly, Descamps et. al., [36] 

reported that they obtained a compressive strength of 18 

MPa without offering a plausible explanation for this high 

value. However, Liu [37], offered an approach to the 

fracture behavior evolution as a function of pore 

morphology theorizing that the mechanical strength of Fap 

having spherical pores can be computed using the equation: 

σc sphère = 1860 exp (- 9 vp), where vp is a porous volume 

expressed between 0 and 1. Applying this equation to 

Clement and Faber’s [38] bioceramic with 65 vol% 

spherical pores, this scholar claimed that the obtained 

compression strength was only 13 MPa. 

Conclusion  

In conclusion, this work attempted to design an improved 

biomedical porous Fap using a polymeric sponge 

replication method. The porous Fap scaffolds with an open 

and interconnected porous structure were obtained after 

optimizing the conditions of impregnation and sintering of 

the products. The as-prepared Fap scaffolds contained 850 

μm-macropores and 4 μm-microspores. The optimized 



  

porous Fap scaffold with a porosity of 65 vol% had a 

compressive strength of 7 MPa. The obtained values were 

of the same order of magnitude as those reported in 

literature for the same type of material and would meet the 

requirements in terms of resistance of human spongy bone. 

Nevertheless, despite the fact that this mechanical 

resistance of the porous bioceramics may be below the 

required resistance of the permanent implant, the real 

advantage of pores would lie in the fact that they would 

allow the bone fluid to pass through and form bone in an 

ultimate phase. The replication structure of bioceramics 

would be expected to disappear completely. Hence, the 

mechanical strength of the implanted part would become 

equal to that of the natural bone. More importantly, further 

research would be imperative to enhance the compressive 

strength of bioceramic by integrating other materials that 

respect the clinical standards such as the biocompatibility 

and bio-functionality. 
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Graphical abstract 

Overview diagram of porous bioceramic elaboration by wet process. From 

Polyurethane foam for resistant bioceramic foam. 

 

 

 


