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Abstract

:

Compared to other alloys, Ti6Al4V is the most used in medicine. In recent years, concerns regarding the toxicity of Al and V elements found in the composition of Ti6Al4V have drawn the attention of the scientific community, due to the release of Al or V ions after long term exposure to human body fluids which can lead to a negative response of the human host. Based on this, the aim of the paper was to manufacture a Ti25Nb10Zr alloy consisting of biocompatible elements which can replace Ti6Al4V usage in medical applications. In order to prove that this alloy possessed improved properties, the mechanical, wear and corrosion resistance, wettability, and cell viability were performed in comparison with those of the Ti6Al4V alloy. The corrosion behavior of this new alloy in simulated body fluid (SBF) and Hank solutions is superior to that of Ti6Al4V. The cast Ti25Nb10Zr alloy has a good tribological performance in SBF, while annealed Ti25Nb10Zr alloy is better in Hank solution. Cell viability and proliferation assay after five days indicated that Ti25Nb10Zr presented a good viability and proliferation with values of approximately 7% and 10% higher, respectively, than the ones registered for pure Ti. When compared with Ti6Al4V, the obtained results for Ti25Nb10Zr indicated smaller values with 20% in the case of both tests. Overall, it can be concluded that cell proliferation and viability tests indicated that the biocompatibility of the Ti25Nb10Zr alloy is as good as pure Ti and Ti6Al4V alloy.






Keywords:


Ti6Al4V and Ti25Nb10Zr alloys; corrosion resistance; cell viability; wear and friction








1. Introduction


Over the last several decades, an increase in life expectancy has raised the average age of the world’s population. In 2001, the Department of Economic and Social Affairs Population Division (USA) published a report namely “World Population Ageing: 1950–2050”, in which it is claimed that the overall median age rose from 29.0 in 1950 to 37.3 in 2000 and is forecast to rise to 45.5 by 2050 [1]. This worldwide increase in the average age of the population has led to a quickly increasing number of surgical procedures involving prosthesis implantation, because as the human body ages, the load-bearing joints become more prone to disease. In addition, young people suffer many sports injuries related to partaking in winter sports, basketball, biking, football, soccer, skateboarding etc. According to the National Safety Council, in 2003 the most dangerous sport was basketball (533,509 people), followed by biking (521,578) and football (420,581) and many of those people were young people aged 5–24 [2]. All these statistical values have resulted in an urgent need for improved biomaterials and implant processing technologies, especially for orthopedic and dental applications. Thus, especially in the case of young patients, it is necessary that implants function properly, in order to increase the life quality and the normal life expectancy, by decreasing the number of surgical revisions. Based on this, the mechanism of implant failure is nowadays the target of intensive research, aiming to increase the implant’s service life, especially since the bone fixation devices and artificial joints comprise 44% of all medical devices. Commonly, the requirements imposed to materials used in medical applications consist of good clinical behavior, accessible manufacturing process, cost-effectiveness, and possessing better performance related to the revision period. Since the 1960s, titanium alloys have been the most commonly used materials in medical applications together with other biomaterials such as stainless steel, cobalt chromium, and shape memory alloys [3,4,5,6].



The most important markets for medical products are the United States. According to a study published in 1976 by Smith and Black it was reported that in a period of 35 years (between 1940 and 1975) approximately 100 million metallic implants were inserted in the human body [7]. BCC Research published in 2011 a study regarding the market for advanced orthopedic technology and products, classifying the markets in three general segments: (1) bone repair and regenerative products; (2) cartilage and soft tissue repair joint replacement and (3) implants and regenerative products [8]. It was shown that the total market for advanced orthopedic technology and products increased from $28 billion in 2010 to $32.4 billion in 2015, a five-year compound annual growth rate of 2.7%, due to an increasingly older population. Based on these results, the Medical Device market seems to have evolved as an essential sector of the world economy [9].



Compared to other alloys, Ti6Al4V is the most used in medicine, especially for shoulder and total hip implants. For this reason, many research studies have focused on analyzing the Ti6Al4V alloys. Azevedo and Hippert proved that in Brazil the failures of Ti6Al4V oral maxillofacial plate occurred by corrosion-fatigue promoted by the presence of intense localized corrosion and intergranular cracking [10]. Although, there are many concerns regarding the toxicity of Al and V elements, found in Ti6Al4V alloys, it has been reported that after long term exposure to human body fluid, the releasing of metallic ions can lead to a significant toxicity of the targeted areas such as lungs and/or brain, thus inducing a negative tissue response. Moreover, other drawbacks of Ti6Al4V alloy are their high and unstable friction coefficient and low wear resistance in contact with human environments [11,12]. In the literature, it is reported that the tribological performance and biocompatibility of titanium alloys can be improved by two approaches. One is the biomimetic deposition of coatings such as hydroxyapatite [13,14]. Another one is the introduction of nano- or micro-structures on the surfaces [15,16]. Steinemann et al. [17] investigated the toxicity of V element and recommended the replacement of Ti6Al4V alloy with other Ti-based alloys. As a solution for this problem, a variety of alloys which consist mainly of non-toxic and non-allergic elements such as Nb, Ta, Zr, Mo, Hf, Pt, Fe have been developed [18,19]. It is of utmost importance to test the applicability of a TixNbyZr alloy. Long and Rack showed that Nb and Zr are nontoxic elements with high biocompatibility, which have a great influence on the microstructure and properties of TiNbZr-based alloys [20]. Moreover, it was reported that α and near-α Ti-based alloys exhibit superior corrosion resistance, with low strength at ambient temperature, while β-alloys possesses high strength, good formability, high hardenability, low elastic modulus, and high corrosion resistance [20]. Thus, by controlling the α/β phase ratio and the conditions of thermal and thermo-mechanical processing treatments, the properties of the TiNbZr based alloys can be controlled [21].



Mechanical properties and biocompatibility are the primary considerations in the design of a new alloy used as biomaterial. It has been observed that the mechanical properties, structure, and morphology are sensitive to Nb content as follows: the alloy with 15 wt % or less of Nb exhibits α′ martensite (hexagonal); with 17–25 wt % Nb, the α″ martensite phase (orthorhombic) predominates [22]. In the case of alloys consisting of Ti and Zr elements, only α phase was obtained, which usually increased the mechanical strength (such as tensile strength, hardness, and flexural strength) and improved the corrosion potential and wear resistance of Ti alloy [23]. According to the results reported by Correa et al., the addition of 5%–10% in mass of Zr into pure Ti (cpTi) initially decreased the hardness, while a concentration higher than 15% increased the hardness above that of cpTi. These variations can be explained by referring to the distance between the atoms of the alloy components, which is caused by the higher atomic radius of Zr (1.60 nm). This ultimately leads to modifications of the binding force between atoms, influencing the elastic modulus. The incorporation of Nb into a Ti-Zr alloy also showed an increase in hardness, which was raised even more by aging heat treatment, responsible for the formation of a biphasic α + β microstructure [24].



In order to develop safe Ti-based alloys for biomedical applications, Nb and Zr are preferably added as they enhance the ability to achieve biological passivity and the ability to reduce the elastic modulus [25]. The search for a balance between strength and elastic modulus is important to improve the performance of implants compared with those made of cpTi and Ti6Al4V.



Cvijović-Alagić et al. investigated the tribological and corrosion behavior for Ti13Nb13Zr in comparison to Ti6Al4V alloy in Ringer’s solution. The results indicated that Ti6Al4V alloy could be successfully replaced by Ti13Nb13Zr [26]. Huang et al. modified the surface of Ti25Nb25Zr alloy by a simple electrochemical anodization process and evaluated the contact angle, proteins adsorption (fibronectin and albumin) as well as cell response. The β-type Ti25Nb25Zr alloy presented good results, hence indicating that its use is suitable for bone implant applications [27].



The aim of this work was to investigate the Ti25Nb10Zr alloy as a possible candidate for the replacement of Ti6Al4V alloy used as orthopedic implants. The alloys were cast by the cold crucible levitation melting technique and characterized in terms of elemental and phase composition, microstructure, roughness, hardness and Young modulus, friction and wear performance, corrosion resistance, wettability, and cell viability. The properties of the Ti25Nb10Zr alloy were assessed in comparison to those of the Ti6Al4V alloy.




2. Materials and Methods


2.1. Preparation of the Alloy


The Ti25Nb10Zr alloy was obtained by the cold crucible levitation melting technique (CCLM), using a FIVES CELES—CELLES MP 25 furnace (Fives Celes, Lautenbach, France) with 25 kW nominal powers and a melting capacity of 30 cm3. This type of fusion, which avoids the contact between alloy and crucible, is particularly attractive, because the melting is conducted under very clean conditions (no reaction with the crucible), making it ideal for synthesis of biocompatible alloys with high melting point. The alloy was produced starting from elemental components, using ultra-pure raw metals. The thermal annealing treatment of Ti25Nb10Zr was achieved at 900 °C for 5 h using a thermal treatment furnace (Caloris, Bucharest, Romania), after which the alloy was cooled in air. In this paper Ti6Al4V was used as reference sample. The alloy was supplied by Bibus Metals AG (Fehraltorf, Switzerland). According to their quality certificate, the alloy was annealed at 730 °C for 1 h, then hot rolled, machined and pickled. In the present paper, the investigated samples were codified as follows: Ti6Al4V—T1; cast Ti25Nb10Zr—T2 and annealed Ti25Nb10Zr—T3.




2.2. Composition and Structure of the Alloy


The elemental composition of the T2 alloys was investigated by energy dispersive X-ray spectroscopy (EDS) using a scanning electron microscope (SEM, TableTop 3030PLUS, Hitachi, Tokyo, Japan) equipped with an energy dispersive X-ray (EDX) system (Quantax70, Bruker, Billerica, MA, USA).



For metallographic investigations, the samples were prepared as follows: ground on abrasive paper with grit from 320 to 1200, polished with alumina slurry, and etched using the Kroll etchant (5 mL HF + 5 mL HNO3 + 90 mL H2O). Jena NEOPHOT 21 optical microscope was used to determine the alloy’s microstructure.



The phase composition of the studied alloys was identified by X-ray diffraction (XRD, Rigaku, Tokyo, Japan) using a Rigaku Miniflex II diffractometer. The diffractometer with CuKα radiation (α = 1.5406 nm) was operated at 35 kV and 15 mA in a Bragg-Brentano geometry.




2.3. Mechanical Properties of the Alloy


The surface roughness was investigated by Dektak 150 surface profilometer using a low-inertia stylus sensor (2.5 mm radius) on 4 mm scan length with 49 µN contact force and 50 μm/s scan speed. The roughness was measured on five samples at different areas for each alloy, and the following roughness parameters were determined: Ra—the arithmetic average deviation from the mean line, Rq—the root-mean-square value of the deviation profile by the medium value and Ssk—the skewness, which is the asymmetry of the deviation profile by the medium value.



The mechanical properties of the alloys were evaluated by uniaxial tensile tests using a module GATAN MicroTest 2000 N (Gatan, Pleasanton, CA, USA) equipped on Microscope Tescan VegaII (Tescan, Brno, Czech Republic). The standard ASTM E8 was used to determine the ultimate tensile strength, 0.2% proof stress and elongation, and ASTM E111 for the initial elastic modulus. Furthermore, the stress-strain relationship was studied based on the Ramberg-Osgood equation, in the elastic region, of which parameters were used to determine the tangent and secant modulus. The hardness was measured using a microhardness tester model FM-700, by applying a force of 50 gf.



Friction and wear behavior of the alloys in SBF and Hank solution were determined using a ball-on-disc tribometer (CSM Instruments SA, Peseux, Switzerland) with a 6 mm diameter sapphire ball. The chemical composition and reagents, used for the preparation of the media used for the testing, are presented in Table 1.



Friction tests were performed on 400 m sliding distance at a constant normal load of 3 N with 0.15 m/s sliding velocity. The profilometer was used to measure the wear track in four different areas of the cross-sectional profiles. The wear rate was calculated with the formula [28]:


   k =  V  F   ×   d     



(1)




where k = wear rate, V = worn volume, F = normal load and d = sliding distance. The tribological tests for each type of alloy were run on three samples, to ensure the tests’ reproducibility. The worn surfaces were analyzed by scanning electron microscope (SEM, TableTop 3030PLUS, Hitachi, Tokyo, Japan).




2.4. In Vitro Corrosion Resistance of the Alloy


The corrosion resistance of T1, T2, and T3 alloys was investigated at human body temperature (37 ± 0.5 °C) in SBF and Hank solution using a Potentiostat/Galvanostat PARSTAT 4000 equipped with VersaSTAT LC Low Current Interface. The electrochemical cell consisted of a conventional three-electrode system: a reference electrode (saturated calomel electrode, SCE), a counter electrode (platinum sheet), and a working electrode (samples) with an exposed area of 1 cm2. The open circuit potential (EOC) was continuously monitored during the 24 h, immediately after immersion in the electrolyte. The potentiodynamic polarization curves were performed from −0.5 (vs. EOC) to 1 V (vs. SCE) at a scan rate of 1 mV/s. Based on the polarization curves, the following electrochemical parameters were estimated: open circuit potential (EOC), polarization resistance (Rp), corrosion current density (icorr), and corrosion potential (Ecorr). For each sample, the corrosion procedure was repeated twice in order to verify the reproducibility of the results. Corrosion rate (CR) was calculated according to the standard ASTM G102-89 (2004) [29], using the formula:


   C R =  K i     i  corr    ρ  E W   



(2)




where: Ki—constant that defines the units for the corrosion rate (3.27 × 10−3); ρ—density (g/cm3); icorr—corrosion current density (µA/cm2); EW—equivalent weight (grams/equivalent).




2.5. Wettability of the Alloy


The contact angle measurements were carried out using a KSV-Instruments Attention TL101 device (Biolin Scientific, Stockholm, Sweden) at room temperature (23 ± 1 °C). A micro-syringe (Hamilton Company, Reno, NV, USA) was used to weep the liquids (deionized water, ethylene glycol, and di-iodomethane) on the surfaces of the Ti alloys. The surface tension components for all used liquids are presented in Table 2 [30]. Each sample was subjected to three measurements.



The contact angle measurements were obtained by averaging all the registered values. Fowkes method was used for surface tension components estimation (the total—γstot, polar—γsp and dispersive—γsd) [31,32]. The alloy’s work of adhesion (wadh) was also calculated using the formula [31,32]:


    w adh  =  γ  SL   × ( 1 + cos θ ) = 2    γ S p  ×  γ L p    + 2    γ S d  ×  γ L d      



(3)




where: γSL—surface energy of the liquid on the solid surface; θ—the contact angle between the liquid and the solid surface;     γ S p    —the polar component of the solid phase;     γ S d    —the dispersive component of the solid phase;     γ L p    —the polar component of the liquid phase;     γ L d    —the dispersive component of the liquid phase.




2.6. In Vitro Biological Properties of the Alloy


For cell culture, the alloy samples were first sterilized by maintaining in 70% v/v ethanol and then kept for 24 h in the culture medium. The biological compatibility testing was performed using osteoblast-like cells of the human osteosarcoma cell line MG 63. The cells were seeded at a density of 5000 cells/cm2 and the culture was made in Dulbecco's Modified Eagle's Medium (DMEM) with 1‰ glucose, 10% heat-inactivated fetal bovine serum, and antibiotics: penicillin (100 U/mL), streptomycin (72 U/mL), and neomycin (50 U/mL). After 3 days, the following assays were performed: viability assay, alkaline phosphatase activity, cell proliferation quantification, and Reverse Transcription Polymerase Chain Reaction (RT-PCR) for detection of osteonectin and osteocalcin genes expression. The morphology and cell attachment on the alloy surface were also examined by fluorescence microscopy (Zeiss, Jena, Germany) and scanning electron microscopy (SEM TableTop 3030PLUS, Hitachi, Tokyo, Japan).



Cell viability assay is based on the colorimetric quantification of the amount of produced formazan. NAD (P) H-dependent oxidoreductases enzymes reduce the tetrazolium salts (MTT) to an insoluble purple formazan. The cells grown on the alloy samples were incubated at 37 °C and 5% CO2 concentration for 3 h with 0.5 mg/mL MTT solution (Sigma Aldrich, Taufkirchen, Germany) made in DMEM culture medium without phenol red. The insoluble formazan was dissolved with a 0.1 N HCl solution in anhydrous isopropanol, and the color intensity of the resulted homogeneous solution was determined by measuring the absorbance at 570 nm from which was subtracted the absorbance recorded at 690 nm (background absorbance).



Cell proliferation was evaluated after 3 days of cell growth on T1, T2, and T3 samples. This method is based on the quantification of nuclear DNA. In order to break the cell membranes and release the nuclear DNA, the cells were subjected to several large temperature variations using liquid nitrogen. To mark the released DNA, the cell lysate was incubated with a 10 μg/mL Hoechst 33258 fluorochrome solution in TNE buffer (10 mM Trizma Base, 1 mM EDTA, 2M NaCl, pH = 7,4), for 1 h at 37 °C and then the fluorescence was measured. For fluorochrome excitation, the wavelength λ = 350 nm was used and the emission was measured at λ = 460 nm. The recorded fluorescence values were converted to DNA quantities using a standard curve made with salmon DNA (Invitrogen, Carlsbad, CA, USA).



Alkaline phosphatase (ALP) activity was examined after the cells were cultured for 3 days by measuring the transformation of p-nitrophenyl-phosphate (pNPP) into p-nitrophenol (pNP). It is known that para nitrophenyl phosphate (pNPP) is a substrate for ALP and is transformed by this enzyme into yellow paranitrophenol (pNP). The samples with cell culture were transferred into clean plates and washed with warm PBS. A 9.88 mM pNPP solution made in a suitable buffer (Trizma Base 0.08 M, anhydrous magnesium chloride 0.5 mM, dissolved in water, pH 9.86) was added and the cells were incubated at 37 °C, 5% CO2 for 1 h. The amount of paranitrophenol produced by the cells cultured on sample surface indicates the ALP activity level. After incubation the supernatant was collected and the paranitrophenol concentration was determined by absorbance measuring at 405 nm and by interpolation using a 20 μM to 200 μM pNP standard curve. In order to eliminate the cell proliferation interference, the calculated values for ALP activity were normalized to DNA content recorded for each sample in the proliferation assay.



For gene expression quantification, the cells grown on alloy samples were first lysed with Trizol reagent (Invitrogen, Carlsbad, CA, USA) and then total RNA was extracted with a suitable protocol. MMLV reverse transcriptase (Fermentas) was used to obtain cDNA starting from mRNA. This cDNA served as template for Polymerase Chain Reaction (PCR) reaction in order to determine the transcription level of genes encoding for osteonectin and osteocalcin, two important markers for osteoblast activity. The resulted PCR products were visualized by gel agarose electrophoresis in the presence of Midori Green fluorochrome and quantified by measuring the fluorescence intensity of the resulting bands. The recorded values were normalized to the beta actin quantified value. For all the determinations above, the obtained values were divided by the corresponding value recorded for cells cultured on the Ti6Al4V sample, considered as control, the results reflecting the fold increase to these values.



The morphology and attachment uniformity of the cells to the sample surface were examined by fluorescence microscopy and scanning electron microscopy. For fluorescence microscopy, cells were first fixed with PFA (paraformaldehyde) 4% in PBS (Phosphate Buffer Solution) and then treated with fluorescein isothiocyanate (FITC)-labeled Phalloidin (1 μg/mL) and Hoechst 33258 (10 μg/mL) for highlighting actin filaments and the nucleus. After each step two PBS washes were made. Cell examination was performed using a Zeiss Axio Observer microscope (Zeiss, Jena, Germany) equipped with AxioCam MRc 5 camera (Zeiss, Jena, Germany). For scanning electron microscopy, the cultured cells were fixed with 2.5% glutaraldehyde in sodium cacodylate buffer + subsequent metallization treatment. The data resulted from all of the in vitro biological tests were statistically analyzed by paired Student’s t-test (α = 0.005, as significant level of confidence).





3. Results and Discussion


3.1. Microchemical and Microstructural Properties


The EDS elemental composition of the T2 alloy was 25 ± 1.2 wt % Nb, 10 ± 0.9 wt % Zr and rest Ti. For T2 alloy, the metallographic investigations showed typically biphasic microstructures consisting of α (light) and β (dark) phases, where polyhedral grains of α and β phases at the boundaries can be distinguished (Figure 1a,c). The average of β grains is 55.1 µm (±15 µm). Figure 1a showed that the microstructure of cast Ti25Nb10Zr (T2) is majorly formed of α phase and a dispersion of β phase. After annealing, enlarged dark grains appear delimited by a light network (Figure 1b). At higher magnifications (Figure 1d), inside the delimited area, an acicular microstructure assigned to martensite with the needles oriented in the same direction was observed. Thus, because of the annealing in the β domain and cooling in the air, the diffusion processes take place on grain boundaries where the separating network corresponds to α phase. Although inside the grain, the diffusion coefficients are smaller, and the β phase transformation was conducted by martensitic mechanism.



The phase composition of T1, T2, and T3 alloys was investigated by X-ray diffraction (Figure 2). The T1 alloy is characterized by the presence of α + β phases [20]. The XRD results for T2 and T3 samples revealed the existence of α and β phases. The β phase intensities in T2 alloy are significantly higher compared to α phase. In the literature, it was demonstrated that Nb is responsible for the β phase stabilization in titanium alloys [33,34,35,36] while Liu et al. demonstrated that addition of Zr in the Ti-Nb system has no influence on the formation of α and β phases [20,37]. All diffraction peaks positions were in agreement with the ones reported in the literature for the Ti-Nb-Zr system of different atomic concentrations (Ti4Nb4Zr, Ti22Nb6Zr, Ti36Nb5Zr) [38,39,40]. The identified α and β phases through XRD are consistent with the obtained optical images (Figure 1).



The grain sizes of both phases of the alloy were also calculated based on XRD peak broadening using the Debye–Scherrer formula [41] as: for α phase: 15.5 nm in cast alloy and 15.7 nm in annealed alloy; and for β phase: 47.6 nm in cast alloy and 15.3 nm in annealed alloy. These values were determined and averaged based peak broadening located at 40.9°, 63.5°, and 55.6°, 109.1° for α and β phases, respectively.




3.2. Mechanical Properties


The mechanical properties (roughness, hardness, Young modulus, ultimate tensile strength, yield strength—0.2% proof stress, elongation to fracture) of the cast and annealed alloy are shown in Table 3.



In order to eliminate the influence of roughness, the investigated alloys were prepared until they presented very close values. In general, the wettability, anticorrosive, tribological, and biocompatibility properties are influenced by surface roughness. After the evaluation of surface roughness it was observed that the skewness exhibited small differences between the values obtained for T1 and T2 alloys. The skewness value of T2 alloy is lower than T1, indicating that the new alloy has a more symmetrical surface (Table 3).



The hardness was measured in six distinctive areas on three different samples of each alloy. The average hardness of as-cast T2 alloy was 2.3 GPa, being lower than that of Ti6Al4V (3.3 GPa) [42]. Similar results were also obtained by Cvijović-Alagić et al. in a study in which Ti13Nb13Zr and Ti6Al4V were studied [26]. After Ti25Nb10Zr thermal treatment, the hardness increased with 1.8 GPa. Our experimental results indicate an increase in the alloy’s hardness after annealing. This increase can be accounted to the defect hardening mechanism and grain size [43]. Over the years, several complex mechanisms were proposed to explain the reason behind the superior hardness in the alloys such as Hall–Petch [44], and Orowan [45,46,47] models, the coherency strain mechanism, as well as the defect hardening mechanism and it is difficult to measure each separate strengthening contribution. For β phase, a decrease of grain size was found, thus the increase in hardness of alloy can be accounted to the Hall–Petch effect (H = d−1/2), while the results for α phase exhibited the inverse Hall–Petch effect. On the other hand, according to the Orowan model, the increase of hardness can be attributed to the small volume fraction of second phase (β), whatever the grain size. Moreover, if the volume fraction of second phase is small, the grain size of second phase is similar or larger than those of grains of main phase (α), the hardness can be ascribed to the rule of mixtures. The size mismatch between alloying elements plays also an important role which can influence the lattices which can be severely strained, leading to different effects on the mechanical properties of alloy. Thus, the enhancement of hardness after annealing can be attributed to combined effects of different strengthening mechanisms (Hall–Petch and Orowan models, coherency strain effects etc.) and it is difficult to measure each separate strengthening contribution.



The experimental stress-strain curves for the as-cast and annealed alloy are plotted in Figure 3a,b. According to Niinomi [48], the values of elastic moduli and ultimate tensile strength of the Ti-based alloys suitable for biomedical applications are found to be in the range from 55 MPa to 85 GPa and from 596 MPa to 1080 MPa, respectively. He also found that the Ti–35.3Nb–5.1Ta–7.1Zr exhibited low elastic modulus (55 GPa) and low ultimate tensile strength (596.7 MPa) compared to other types of Ti-based alloys. The investigated Ti25Nb10Zr alloys showed 57.4 GPa (casted) and 52.3 GPa (annealed), being lower when compared to Ti6Al4V and other Ti-based alloys [48]. The yield strength of biomedical titanium alloys is distributed between 500 and 1000 MPa [48]. The investigated Ti25Nb10Zr alloys showed the yield strength in the range from 427.2 MPa (casted) to 488.6 MPa (annealed), being lower than those of Ti6Al4V and other Ti-based alloys.



A significant decrease of elongation to fracture was observed after the thermal treatment. In general, the plasticity of martensite depends on the secondary martensite microstructure. The low value of elongation to fracture can be explained by the presence of martensitic phase as major secondary microstructure in Ti25Nb10Zr alloy. Table 3 presents the characteristic roughness parameters (Ra, Rq and Ssk) and the mechanical parameters such as hardness (H), Young modulus (E), ultimate tensile strength (    σ  UTS     ), yield strength 0.2% proof stress (    σ  0.2     ) and elongation to fracture     (   ε f   )    . Figure 3 presents the characteristic stress-strain curves obtained for T2 and T3 alloys.



Overall one may observe that the annealing treatment decreases the strength, probably due to the increase of the dislocation density. In the literature, it is a phenomenon known as “annealing hardening”, being opposite to the classical states of coarse-grained metals, where annealing generates a decrease of strength [49]. Over the years, this phenomenon was explained by several possible mechanisms. During annealing, the dislocation density decreases because of the annihilation of dislocations with opposite Burger's vectors and the absorption of dislocation at grain boundaries. At the nanoscale, the dislocations starvation may have high strength. Moreover, after annealing, the state of grain boundaries reaches equilibrium and become sharper, developing a barrier to dislocation emission and grain boundaries sliding, leading to a high hardness and low strength.




3.3. Tribological Performance


The tribological performance of the samples was evaluated by determining the friction coefficient and wear rate. The evolution of the friction coefficient µ as a function of sliding distance is presented in Figure 4. In SBF medium, the friction coefficient for T2 alloy gradually increased up to ≈270 m (Figure 4a). After the aforementioned distance, the friction coefficient for T1 and T2 alloys was stabilized to a ≈ 0.35 value (Figure 4a). It seems that in SBF, the friction coefficient values are almost similar for T1 and T2 alloys (Figure 4a). The test performed in Hank solution for T2 alloy led to an increased friction coefficient when compared to the values registered in SBF, while the T3 alloy had a constant evolution of the friction coefficient in both corrosive media as follows in SBF (µ ≈ 0.70) (Figure 4a) and Hank solution (µ ≈ 0.65) (Figure 4b). If we compare it with the cast T2 alloy, one may see that this alloy exhibits lower µ in SBF than that of annealed T3 alloy. The annealed Ti25Nb10Zr alloy (T3) has similar values of µ in both solutions (µ ≈ 0.70).



Figure 5 presented the wear rate k of the investigated alloys, calculated after 400 m sliding distance. In Hank solution, the wear rate for T2 and T3 alloys ranged between 858 ÷ 1418 × 10−6 mm3·N−1·m−1 values. The highest wear rate was obtained in Hank solution for T2 alloy (1418 × 10−6 mm3·N−1·m−1). In Hank solution, after annealing the wear rate of the Ti25Nb10Zr (858 × 10−6 mm3·N−1·m−1) alloy decreased, indicating an improvement of the wear resistance. In SBF, the low wear rate was found for T2 alloy (0.07 × 10−6 mm3·N−1·m−1), followed by Ti6Al4V (413 × 10−6 mm3·N−1·m−1) and annealed Ti25Nb10Zr alloy (797 × 10−6 mm3·N−1·m−1). It can be seen that the annealing treatment leads to an increase of wear rate, meaning that the wear resistance decreased. As a conclusion, the cast Ti25Nb10Zr alloy has a low wear rate in SBF, while annealed Ti25Nb10Zr alloy has better wear rate in Hank solution.



SEM images of the wear track after the tribological test in Hank solution of the investigated alloys are presented in Figure 6a–c. For all alloys the images taken at lower magnification evidenced the differences between the worn surfaces of the samples. Note that T1 alloy was much less affected by the wear in Hank solution, results being in good agreement with friction coefficient and wear rate values. After the tribological tests, on the T2 (Figure 6b) and T3 (Figure 6c) surfaces, the presence of the adhered material was found as oxidized material due to immersion in the corrosive solution. These results are also sustained by friction coefficient results. In Hank solution, the oscillations in friction coefficient of T2 surface are more pronounced than those of T3 sample, indicating that the formation and removal of wear debris are more pronounced on this material. On all the alloys, pits appeared, suggesting a decrease of the wear resistance. On T3 surface (Figure 6c), more oxidized areas were observed compared to T1 (Figure 6a) and T2 (Figure 6b) alloys. This behavior could indicate an increase friction coefficient value of the T3 alloy in the corrosion environment [50].




3.4. In Vitro Corrosion Resistance


After implantation of the metallic materials in the human body, the biological environment affects their surfaces, especially since this environment is a highly oxygenated saline electrolyte with a pH of ≈ 7.4 and a temperature of 37 °C. It is well known that the human environment consists of a high content of chloride ions, which are very aggressive and corrosive to metals. When the metal is in direct contact with the corrosive solutions, various metallic ions can be released, which can affect the body’s function mechanism. Thus, before the use of a new material as implant, the corrosion behavior should be evaluated in the laboratory.



The open circuit potential recorded for 24 h and potentiodynamic polarization curves for the investigated alloys in SBF and Hank solutions are shown in Figure 7 and Figure 8, respectively. The electrochemical parameters are presented in Table 4.



Independent of the electrolyte, both cast and annealed Ti25Nb10Zr alloys showed values of open circuit potential that were more electropositive than the Ti6Al4V alloy (Figure 7). In Hank solution, all investigated alloys exhibited stable open circuit potentials after 5 h of immersion (Figure 7b). In the case of T3 sample immersed in SBF, one may observe some fluctuation of open circuit potentials, indicating the formation/destruction of oxide layer formed during the immersion in electrolyte (Figure 7a). In SBF solution, cast alloy (T2) showed the noblest open circuit potential (55.4 mV). In Hank electrolyte, the most electropositive value of open circuit potential was found for T3 alloy (−0.7 mV).



The evaluation of corrosion behavior can be performed based on certain criteria, as follows. A material with a more electropositive corrosion potential (Ecorr) value is more resistant to corrosive attack. Taking into account this criterion, both T2 and T3 samples proved to be more resistant to SBF and Hank attacks than the Ti6Al4V alloy. In SBF electrolyte, T2 showed the most electropositive value of corrosion potential (−138 mV). On the other hand, in Hank solution, the T2 and T3 samples exhibited similar values of Ecorr (≈ −155 mV). It is stated that a surface with low icorr value presents a high corrosion resistance. According to this state, it can be seen that the low icorr values were found in SBF for T3 (68.07 nA/cm2) and in Hank for T2 (46.25 nA/cm2). Considering the Rp values, it is well know that a high value indicates high corrosion resistance. The highest value of Rp was found for T2 in Hank solution.



Baboian [51] and Mansfeld [52] claimed that a material is resistant to corrosion when it exhibits electropositive values of Ecorr, high Rp, and low icorr values. Based on these criteria, it can be seen that Ti25Nb10Zr alloy is nobler when compared with the Ti6Al4V alloy, independent of their metallurgical conditions. The new alloy’s corrosive behavior is significantly influenced by the nature of the corrosive solution. In SBF solution (Figure 8a), the corrosion resistance of Ti25Nb10Zr alloy is enhanced after annealing (T3). In Hank solution (Figure 8b), the cast Ti25Nb10Zr alloy (T2) possessed better corrosion resistance, while the corrosion resistance of T3 alloy was close to the T2 one.



Comparing the aspect of the potentiodynamic curves, it is obvious that for all the investigated alloys the passivation process takes place. The passivation domain started from 403 mV for T2, from 531 mV for T1, and from 632 mV for T3, T2 being the first surface which starts to passivate (Figure 8b). In SBF solution, a clear passivation domain is observed in the case of T1 and T3, while T2 started to passivate approximately 150 mV earlier (Figure 8a).




3.5. Wettability


It has been reported that the wettability properties influence the corrosion resistance and biocompatibility of metallic implants [53,54]. Moreover, by adjusting the wettability, the anticorrosive and biological properties can be controlled.



The wettability parameters are summarized in Table 5. The contact angle of Ti6Al4V alloy was of approximately 64.8°. In the literature, the contact angle for Ti6Al4V alloy ranged from 70° to 75° [33,55]. A slight difference between our values and the results available in the literature can be observed. A possible explanation would be the differences between the roughness values of the investigated samples, the roughness of T1 being slightly higher when compared with T2 or T3. It is known that the wettability is strongly influenced by the surface roughness [56].



According to Berg and co-authors when a contact angle is below 65°, the surface possesses a repulsive force, being a hydrophilic surface [57]. The contact angle of cast and annealed Ti25Nb10Zr alloy ranged from 55.2° to 57.7°, being smaller than those of Ti6Al4V alloy. The Ti25Nb10Zr tends to a hydrophilic surface. One may observe that the contact angles for T2 and T3 alloys are similar, indicating that the annealing treatment does not influence the wettability properties.



As known, a low contact angle indicates good wettability (the liquid must flow easily over the entire surface and adhere to the solid surface). According to this statement, it can be seen that both cast and annealed Ti25Nb10Zr alloy exhibited low contact angle, indicating good wetting.



Surface energy at the surface of a solid is greater than its interior energy. The outer atoms are not equally attracted to each other and the energy is greatest on the outermost atomic layer due to the unsaturated bonds which generate surface energies. When a liquid is placed on a lower-energy surface, the contact angle will be higher as compared with a higher-energy surface metal. In biomedical applications, the implant’s surface properties are responsible for the biological response at the implant-host interface.



The wettability and the surface energy of the implant surface influenced the biocompatibility of the metallic implants. The investigated Ti25Nb10Zr alloys exhibited a hydrophilic character. The surface energy plays an important role in the relation between the cells and metallic implant surface. A good cell adhesion was found on those surfaces with low surface energy [58]. Our experiments showed that the T2 exhibited the same surface tension, while for T3 it is a little bit higher than of Ti6Al4V alloy. By determining the work of adhesion, the interaction of cells with the metallic implant surfaces can be predicted. In the literature, it was reported that a higher value of work adhesion than 60 mN/m indicated a high adhesion of the cell to implant surface [59]. Moreover, it was demonstrated that the osteonectine and osteocalcin genes were more attached to the hydrophilic surfaces with high work adhesion [59,60]. Thus, we can predict that cast alloy (T2) can be a promising candidate for biomedical applications.



Our experiment revealed that the Ti25Nb10Zr alloy has a higher surface energy than Ti6Al4V alloy. Usually, the hydrophilic surfaces present a superior corrosion behavior and high biocompatibility than hydrophobic surfaces, possibly due to their higher surface energy [61]. According to Sullivan et al. protein will adhere to surfaces with high surface energy and good wettability, leading to a strong cell adhesion [62].




3.6. In Vitro Biological Properties


For a better comparison of the biological properties of Ti25Nb10Zr alloy, the most used metals in implant manufacturing were chosen: pure Ti (cpTi) and Ti6Al4V alloy (Grade 5 ELI). The viability of cultured osteoblasts on the pure Ti, Ti6Al4V and the new alloy is shown in Figure 9a,b at 3- and 5-days, respectively, as measured by the MTT assay. After 3-days the viability of cells grown on Ti25Nb10Zr (Figure 9a) is higher than that recorded for the other two samples (pure Ti and Ti6Al4V) and on day 5 the level remains comparable to that recorded for pure Ti sample (Figure 9b).



Actin labelling in osteoblast cells has shown a cytoskeleton composed of intracellular filaments (stress fibers) with parallel orientation in cells grown on alloys and pure Ti surface (Figure 10a). It can be observed that some of the stress fibers crossed the totality of the cells and some of them ended in a focal contact. SEM analysis of MG 63 cells grown on pure Ti and Ti alloys showed that, in all cases, the cells were uniformly spread and presented a flattened polygonal morphology (Figure 10b). The average results of cell proliferation tests are represented in Figure 11. On day 3 (Figure 11a) and day 5 (Figure 11b), the cell proliferation level recorded for Ti25Nb10Zr sample is comparable to that of pure Ti sample and slightly lower than the one recorded for Ti6Al4V. On day 5 alkaline phosphatase activity (ALP) (Figure 12b), is similar to that of the other two samples, though on day 3 it is slightly higher (Figure 12a).



The levels of osteoblastic gene expression after 3 and 5 days of incubation are shown in Figure 13. On both day 3 and day 5, for all the samples, osteocalcin and osteonectin messenger RNA is expressed. On day 3 the value of osteocalcin recorded for the sample Ti25Nb10Zr is comparable to that recorded for pure Ti sample and higher than that recorded for Ti6Al4V. On day 5 osteocalcin expression level is comparable to that recorded for the pure Ti and Ti6Al4V samples and the osteonectin expression level is slightly higher than them.





4. Discussions


The in vivo cells attachment to a metallic implant is a complex process which is influenced by various factors such as structural-physico-chemical characteristics, surface topography and roughness of implant surfaces, characteristics of the surface oxide layer formed on top of the implant after immersion in human environments, as well as the constituents of implant materials etc. In the case of our results, the correlation between the mechanical, anticorrosive, tribological, and biological characteristics can be described as follows.



Surface roughness governs the topography of the surface, while the nature and height of asperity are two factors which play an important role on the corrosion, tribological, and biological behavior of the implant after insertion into the human body as follows. It was reported that the smoother surfaces are related to lower friction coefficient and good corrosion resistance. A possible explanation could be due to the high asperity and the distance between them. In the case of a surface with many and high asperities, the distance between them will be larger and the actual area of the solution-surface contact will be larger, leading to an increase of the interface between solution and implant surface.



However, there is limited information concerning the influence of surface roughness and topography on the corrosion behavior of Ti alloys or vice versa. Nevertheless, most of the published papers are related to the analysis of surface behavior under corrosive conditions. Thus, the correlation between the roughness and corrosion behavior of a material is not well understood. For example, Conradi et al. reported that the superior corrosion resistance of composite coating is due to their high surface roughness and higher hydrophobicity [63]. Toloei et al. polished to different roughness values the surface of nickel in order to investigate which is the effect of surface roughness on the corrosion in 0.5 M H2SO4 at 23 ± 1 °C. They found that the corrosion rate of nickel increased with an increase of surface roughness [64]. They demonstrated that the depth of the valleys found for the rougher surfaces is a suitable place for an active localized corrosion because inside them there is a higher accumulation of aggressive species which will accelerate the corrosive process [64]. The same results were obtained by Burstein and Vines in the case of investigation of stainless steel in chloride solution [65]. Thus, the published results regarding the correlation of roughness and corrosion resistance are controversial.



If we take into account our results, a slight increase in roughness of Ti25Nb10Zr alloy after annealing was observed. Thus, the superior corrosion of annealed alloy in SBF could be probably attributed to this roughness increase. However, the superior corrosion behavior in Hank solution of coated Ti25Nb10Zr alloy is probably due to other factors which affect the corrosion process such as the alloy structure and/or corrosion products. According to our experiments, the grain refinement could be a reason for a good corrosion resistance of the alloy after annealing, but only in the case of the alloy investigated in SBF solution. In Hank solution, the cast alloy proved to have the best corrosion resistance, even if this alloy exhibited higher grain size than of annealed alloy. The poor corrosion resistance of annealed alloy (T3) in Hank solution can be probably attributed to the coarse microstructure of alloy. Visible grain boundaries were observed on the surface of annealed alloy (Figure 1) where the segregation of impurities can take place and susceptibility to intergranular corrosion can increase. Moreover, the density of grain boundaries of the alloys increased after annealing (Figure 1) which can be another reason for poor corrosion. Balakrishnan et al. reported that a high density of grain boundaries promotes the increase of adhesion of a passive film to the alloy surface, leading to the corrosion resistance enhancement [66]. It can be difficult to prove that the good corrosion of Ti25Nb10Zr alloy is due exclusively to its microstructure.



The nature of electrolyte may play an important role in aggressiveness and corrosion mechanisms. The Hank solution is less aggressive than SBF, due to the      HCO  3 −     ion concentration (27 mmol/L) which is six times less than in SBF (4.09 mmol/L), being a reason for the differences in corrosive behavior of the alloy. Moreover, the NaH2PO4 and KH2PO4 acts as an inhibitor for the corrosion process [67]. For example, Liang and Mou investigated the effects of different electrolytes (Ringer’s, PBS, and Hank’s solution) on corrosion of 316L stainless steel, Co-Cr alloy, and Ti6Al4V, finding that the corrosion caused by the Ringer’s solution is more active, followed by the PBS and Hank’s solution [67].



At the contact of material surface with corrosive solution, chemical reactions take place, some of which involve the formation/dissolution of various oxides and the differences in amounts of these oxides will influence the corrosion performance. Corrosion resistance of the metallic surface is also ascribed to the presence of a passive oxide layer formed on top of the surface that limits susceptibility to corrosive attack in the human body. To sum up, the differences in corrosion behavior of cast and annealed Ti25Nb10Zr alloy may be due to the combined effects of several factors, but for establishing the role played by each one, further investigations are needed, especially with regard to a better understanding of the phenomena taking place at the surface - solution interfaces.



Xiong and Deng showed that after Ti6Al4V annealing, the contact angle decreased and the tribological behavior in water and bovine serum increased [33]. Thus, the low contact angle can indicate a good tribological performance. This conclusion is also in good agreement with our experiments, which showed that the friction performance of annealed Ti25Nb10Zr is inferior to that of the untreated alloy, while the contact angle is lower.



The biocompatibility of metallic surfaces is affected by many factors such as surface energy, roughness, wettability, nature of material etc. For example, low surface energy is desired for superior hemocompatibility, as in the case of the materials used for stents [68]. Moreover, the low energy facilitates adhesion of albumin and inhibits adhesion of fibrinogen [68,69]. Baier et al. demonstrated that at the contact between blood and implants, two well-recognized processes may take place: the adsorption of proteins which leads to coagulation and the adhesion of platelets, at first to the implant surface and then to each other [70]. A thrombus is formed by developing platelets, which adhere to the implant surface. Moreover, Baier et al. agree that adhesion and spreading of cells in contact with implant surface can be a direct function of the solid surface energy [70].



In the literature, there are several studies which revealed that the rougher surface promoted osteoblast differentiation, increased bone-to-implant contact in vivo and improved clinical rates of wound healing [71,72]. Gittens et al. showed that the nanoscaled surface roughness could be more proper for osteoblast differentiation and tissue regeneration, because the size of proteins and cell membrane receptors are nanometric [71]. Some scientists explained that a high osteoblast proliferation on nanoscale rougher surfaces could be explained by the increase in alkaline phosphatase (ALP) synthesis and higher immunostaining of osteocalcin and osteonectin [71,73]. Our experimental results showed that osteonectin and osteocalcin gene expression of MG63 cells grown after 5 days on Ti25Nb10Zr alloy is higher compared with Ti6Al4V and pure Ti surfaces. An increase in alkaline phosphatase was also observed for Ti25Nb10Zr alloy. Thus, Ti25Nb10Zr alloy can be a possible candidate for replacing the pure Ti and Ti6Al4V alloy in biomedical applications.



To summarize, a rougher surface enhanced cell attachment, spreading and proliferation, while a smoother surface provided a small surface area for corrosion attack, leading to an improvement of the corrosion resistance. A hydrophilic surface provides high corrosion resistance. Therefore, due to all of the requirements imposed by the uses of metallic material for biomedical applications, it is necessary to make a compromise between biocompatibility, corrosion resistance, and tribological performance.




5. Conclusions


In this study, Ti25Nb10Zr alloy is proposed to replace Ti6Al4V in biomedical applications. The novel alloy consists only of highly biocompatible elements (Ti, Nb, Zr), in order to avoid adverse reactions of the human body. Conducted investigations showed the following:

	
The cast Ti25Nb10Zr alloy is characterized by the presence of α + β phases. After annealing, enlarged dark grains appear delimited by a light network. Inside the delimited area, an acicular microstructure assigned to martensite with the needles oriented in the same direction was observed.



	
The average hardness of the cast alloy was 2.3 GPa. After thermal treatment, the hardness increased by 1.8 GPa.



	
The investigated alloy showed a low elastic modulus, 57.4 GPa (as-cast) and 52.3 GPa (annealed), being lower as compared to Ti6Al4V alloy (110 GPa).



	
The yield strength of Ti25Nb10Zr alloy ranged from 427.2 MPa (as-cast) to 488.6 MPa (annealed), being lower than of Ti6Al4V alloy (930 MPa).



	
The cast Ti25Nb10Zr alloy exhibits a lower friction coefficient in SBF (0.37) than that of annealed Ti25Nb10Zr alloy (0.70).



	
The annealed Ti25Nb10Zr alloy has similar values of friction coefficient in both SBF and Hank solutions (µ ≈ 0.70).



	
In SBF, a low wear rate was found for cast Ti25Nb10Zr alloy (0.07 × 10−6 mm3·N−1·m−1), followed by Ti6Al4V (413 × 10−6 mm3·N−1·m−1) and annealed Ti25Nb10Zr alloy (797 × 10−6 mm3·N−1·m−1).



	
In Hank solution, the wear rate for cast and annealed Ti25Nb10Zr alloy ranged between 858 ÷ 1418 × 10−6 mm3·N−1·m−1 values, being higher than the values obtained in SBF solution.



	
Independent of the electrolyte, both cast and annealed Ti25Nb10Zr alloys showed values of open circuit potential and corrosion potential that were more electropositive than the Ti6Al4V alloy. The low current density values were found in SBF for annealed (68.07 nA/cm2) and in Hank for cast 46.25 nA/cm2) alloy. The highest value of polarization resistance was measured for cast alloy tested in Hank solution. A material is resistant to corrosion when exhibiting electropositive values of Ecorr, high Rp and low icorr values. Taking into account these criteria, it can be seen that Ti25Nb10Zr alloy is more resistant to corrosion in SBF and Hank solutions when compared to the Ti6Al4V alloy, independent of their metallurgical conditions (cast or annealed).



	
Cell viability and proliferation assay after five days showed that the Ti25Nb10Zr alloy exhibited good viability and proliferation with values of approximately 10% higher, respectively, than the ones registered for pure Ti.



	
Osteocalcin and osteonectin gene expression of MG63 cells grown after three days on Ti25Nb10Zr surface is comparable to that recorded for pure Ti and higher than of Ti6Al4V alloy. After five days of culture, the osteocalcin expression level of Ti25Nb10Zr alloy is comparable to that recorded for the pure Ti and Ti6Al4V alloy, while the osteonectin expression level is slightly higher than both of them.








Overall, it can be said that the mechanical, anticorrosive, tribological, and biocompatibility properties of Ti25Nb10Zr alloy are superior or as good as Ti6Al4V alloy, being a promising candidate for replacing it in biomedical applications.
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Figure 1. Optical microstructures of cast (a,c) and annealed (b,d) Ti25Nb10Zr alloy: α (light) and β (dark) phases. Etched state, light microscope. 
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Figure 2. X-ray diffraction patterns of cast (T2) and annealed (T3) TiNbZr alloy. 
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Figure 3. Stress-strain curves for (a) TiNbZr cast (T2) and (b) annealed (T3) alloys; the presented results are only for one of replicate. 
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Figure 4. Evolution of the friction coefficients for T1, T2, and T3 alloys vs. sliding distance in (a) simulated body fluid (SBF) and (b) Hank solution. 
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Figure 5. Mean value of wear rate for T1, T2, and T3 alloys, calculated in four areas on each sample. 
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Figure 6. Scanning electron microscopy (SEM) micrographs of the wear tracks for the T1 (a), T2 (b), and T3 (c) alloys after the tribological tests in Hank solution. 
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Figure 7. Open circuit potential vs. time curves of the investigated alloys in (a) SBF and (b) Hank solution. 
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Figure 8. Potentiodynamic polarization curves of the investigated alloys in (a) SBF and (b) Hank solution. 
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Figure 9. Cell viability of the samples measured after 3 (a) and 5 (b) days of culture. 
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Figure 10. Cellular morphology of osteoblasts grown for 3 days on pure Ti and Ti alloys: (a)—Immunofluorescence labelling of actin (green) and nucleus (blue) of osteoblast cells cultured for 3 days on the: 1—Ti6Al4V, 2—pure Ti, 3—Ti25Nb10Zr; (b)—Scanning electron micrograph of osteoblasts after 3 days culture on the: 1—Ti6Al4V, 2—pure Ti, 3—Ti25Nb10Zr. 
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Figure 11. Cell proliferation of the samples measured after 3 (a) and 5 (b) days of culture. 
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Figure 12. Alkaline phosphatase (ALP) activity in cells grown on the samples measured after 3 (a) and 5 (b) days of culture. 
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Figure 13. Osteocalcin and osteonectin gene expression of MG63 cells grown on pure Ti and two kinds of alloys (Ti25Nb10Zr and Ti6Al4V) by RT-PCR. (a) Osteocalcin gene expression in cells grown for 3 days on: 1—Ti25Nb10Zr, 2—pure Ti, 3—Ti6Al4V, osteonectin gene expression in cells grown for 3 days on: 4—Ti25Nb10Zr, 5—pure Ti, 6—Ti6Al4V, β actin gene expression in cells grown for 3 days on: 7—Ti25Nb10Zr, 8—pure Ti, 9—Ti6Al4V; (b) Osteocalcin gene expression in cells grown for 5 days on: 1—Ti25Nb10Zr, 2—pure Ti, 3—Ti6Al4V, osteonectin gene expression in cells grown for 3 days on: 4—Ti25Nb10Zr, 5—pure Ti, 6—Ti6Al4V, β actin gene expression in cells grown for 3 days on: 7—Ti25Nb10Zr, 8—pure Ti, 9—Ti6Al4V; (c) The semiquantitative RT-PCR results expressed as relative mRNA levels. 
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Table 1. Chemical composition and reagents of the liquids used for surface free energy determination.
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Reagents

	
Simulated Body Fluid (SBF)

	
Hank solution






	
NaCl

	
8.035 g·L−1

	
8 g·L−1




	
NaHCO3

	
0.335 g·L−1

	
-




	
KCl

	
0.225 g·L−1

	
0.4 g·L−1




	
K2HPO4·3H2O

	
0.231 g·L−1

	
-




	
1 M HCl

	
40 cm3

	
-




	
MgCl2·6H2O

	
0.311 g·L−1

	
0.1 g·L−1




	
CaCl2

	
0.292 g·L−1

	
0.14 g·L−1




	
Na2SO4

	
0.072 g·L−1

	
-




	
(HOCH2)3CNH2

	
6.228 g·L−1

	
-




	
glucose

	
-

	
1 g·L−1




	
NaHCO3

	
-

	
0.35 g·L−1




	
NaH2PO4·6H2O

	
-

	
0.06 g·L−1




	
KH2PO4

	
-

	
0,06 g·L−1




	
MgSO4

	
-

	
0,06 g·L−1




	
pH

	
7.2

	
7.5
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Table 2. The surface tension parameters of the liquids used for surface free energy determination.
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Surface Tension (mJ/m2)

	
Deionized Water

	
Ethylene Glycol

	
Di-Iodomethane






	
γLtot

	
72.8

	
48.0

	
50.8




	
γLd

	
21.8

	
29.0

	
50.8




	
γLp

	
51.0

	
19.0

	
0








surface tension components: total—γstot, polar—γsp and dispersive—γsd.
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Table 3. Roughness and mechanical parameters for T1, T2, and T3 alloys. Data show the mean and SD values. For each sample, the measurements were performed on three replicates, the results being averaged (arithmetic mean).
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Alloy

	
Ra (SD) (nm)

	
Rq (SD) (nm)

	
Ssk (SD)

	
H (SD) (GPa)

	
E (SD) (GPa)

	
      σ    UTS        (SD) (MPa)

	
      σ   0.2       (SD) (MPa)

	
      ε  f      (SD) (%)






	
T1

	
41.9 (±3.3)

	
53.8 (±4.1)

	
−0.3 (±0.08)

	
3.3 (±0.2)

	
110 (±3.4)

	
1026.8 (±12.1)

	
929.3 (±10.8)

	
11.3 (±0.8)




	
T2

	
39.1 (±2.9)

	
51.6 (±4.0)

	
0.2 (±0.06)

	
2.6 (±0.2)

	
57.4 (±2.1)

	
887.4 (±56.1)

	
427.2 (±31.1)

	
47.6 (±6.1)




	
T3

	
41.2 (±0.4)

	
51.2 (±0.4)

	
0.3 (±0.03)

	
4.4 (±0.1)

	
52.3 (±2.0)

	
765.7 (±115.2)

	
488.6 (±44.7)

	
2.0 (±0.4)








Ra—arithmetic average deviation from the mean line, Rq— root-mean-square value of the deviation profile by the medium value, Ssk—the skewness, H—hardness, E—Young modulus,     σ  UTS     —ultimate tensile strength,     σ  0.2     —0.2% proof stress,      ε  f    —elongation to fracture.
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Table 4. Electrochemical parameters of the T1, T2, and T3 alloys in SBF and Hank solution: open circuit potential (EOC), corrosion potential (Ecorr), corrosion current density (icorr), polarization resistance (Rp), corrosion rate (CR).
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Alloy

	
Corrosive Solution

	
Ecorr (mV)

	
icorr (nA/cm2)

	
Rp (kΩ)

	
CR (µm/Year)






	
T1

	
SBF

	
−209

	
70.41

	
802.91

	
0. 64




	
T2

	
−138

	
334.89

	
243.30

	
3.06




	
T3

	
−150

	
68.07

	
775.6

	
0. 62




	
T1

	
Hank

	
−268

	
53.12

	
855.8

	
0. 49




	
T2

	
−155

	
46.25

	
1524.6

	
0. 42




	
T3

	
−156

	
99.56

	
687.6

	
0. 91
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Table 5. Contact angle values, the surface free energy components and the work of adhesion for deionized water (Wadhwater).
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Alloys

	
Contact Angle θ, °

	
Surface Tension Parameters

	
Wadhwater (mN/m)




	
Deionized Water

	
Ethylene Glycol

	
Di-Iodomethane

	
      γ  s   tot        (mN/m)

	
      γ  s p      (mN/m)

	
      γ  s d      (mN/m)






	
T1

	
64.8 ± 2.6

	
48.9 ± 2.3

	
47.86 ± 1.0

	
42.7

	
10.1

	
32.6

	
98.7




	
T2

	
57.7 ± 2.6

	
57.4 ± 3.7

	
48.6 ± 1.4

	
42.1

	
11.5

	
30.7

	
100.3




	
T3

	
54.2 ± 5.5

	
34.14 ± 3.1

	
36.0 ± 3.2

	
49.9

	
12.4

	
37.6

	
107.5








    γ s  t o t     ,     γ s p     and     γ s d    —the total, polar and dispersed surface free energy.








© 2017 by the authors. Licensee MDPI, Basel, Switzerland. This article is an open access article distributed under the terms and conditions of the Creative Commons Attribution (CC BY) license ( http://creativecommons.org/licenses/by/4.0/).
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