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ABSTRACT

Hydrogen free diamond-like carbon (DLC) coatings have been the subject of investigation 
all around the world for the last 30 years. DLC, due to its unique properties such as:  
chemical inertness, high mechanical hardness, high electrical resistivity combined with a 
characteristics of a wide band semiconductor, is a very promising material for biomedical, 
mechanical and electrical applications.

One of the major problems in producing of thick high-quality DLC coatings has been the 
inadequate adhesion of the deposited film to the substrate. This obstacle is finally 
overcome by   depositing an intermediate adhesion layer produced with high energy (>2
keV) carbon plasma before application of a high-quality coating produced with a low 
energy unit. To the best of our knowledge, this can be achieved (with reasonable yield for 
industrial purposes) only with the filtered pulsed arc discharge (FPAD) method developed 
by our group. The properties of DLC coatings prepared with the FPAD method are 
exceptional: they are high quality (>80% diamond sp3 -bonds), ultra-thick (>200 m) and 
have excellent adhesion to a substrate. In this thesis a new combination of in situ surface 
oxide reduction method with FPAD is presented.

Novel anti-soiling DLC polymer hybrid coatings (DLC-p-h) can be deposited using a 
slightly modified FPAD system. Both the coatings and their deposition method are recent 
innovations invented in our research group. This method makes possible to combine 
diamond and polymer properties in the resulting coatings. Two novel hybrid coatings have 
been developed: DLC polytetrafluoroethylene hybrid (DLC-PTFE-h) and DLC 
polydimethylsiloxane hybrid (DLC-PDMS-h). These hybrid coatings are hard and have 
exceptional dirt repelling (hydrophobic and oleophobic) properties. Therefore these novel
coatings could be used as antifouling and wear resistant coatings to which pathogenic 
bacteria would adhere less than to conventional biomaterials in biomedical applications.
They could be also useful in numerous other applications (e.g. in kitchens, food industry, 
hospitals, medical equipment and implants). These DLC-p-h coatings are not produced 
anywhere else in the world.

In this thesis bacterial adhesion to DLC was studied under dynamic conditions. Our 
experiments demonstrated that the bacterial adhesion to DLC was similar to the adhesion 
to AISI 316L surgical steel commonly used in medical applications. This suggested that 
DLC coating can be used on implants made from AISI 316L or other materials without 
increasing the risk of implant-related infections.

Adhesion of bacteria and human cells (hMSC, hOB, Saos-2) to our novel DLC-p-h
coatings was also studied in this thesis. Bacterial adhesion tests showed a potential 
application of DLC-PTFE-h coating as a less biofouling surface than DLC, titanium and 
oxidized silicon surfaces. Cell adhesion studies showed less adhesion on DLC-PDMS-h
surfaces than on DLC or titanium surfaces and some of the cells even underwent 
programmed cell death caused by lack or loss of adhesion. Osteogenic differentiation 
study on DLC-PDMS-h surface showed impaired or delayed osteogenesis. 
Cytocompatibility and cytotoxicity tests with human Caco-2 and Saos-2 cells proved that 
DLC-PTFE-h and DLC-PDMS-h coatings are biocompatible. In summary, these studies 
suggest that DLC-PTFE-h coatings could be used in medical applications where bone 
integration would be preferred while DLC-PDMS-h coating in orthopedic applications 
where an implant or implant-facet should be protected against bone overgrowth.
 
 



4 
 
CONTENTS

ABSTRACT
CONTENTS

1. LIST OF ORIGINAL PUBLICATIONS ……………….………………….………… 6

2. AUTHORS CONTRIBUTION ……………………………….…………….…...…… 7

3. NOMENCLATURE AND ABBREVIATIONS …………………………...…………. 8

4. INTRODUCTION …………………………………………….…………….………. 12

5. REVIEW OF THE LITERATURE ……………………………..………………...… 16
5.1 DLC …………………….……………………………………………………….…. 16
5.1.1 Deposition methods …………………………….…………………………….….. 16
5.1.2 DLC-substrate adhesion ……………………………..……………………....…… 17
5.1.3 Biocompatibility ……………………………..……………………………..….… 18
5.1.4 Biomedical applications ………………………………………..………..….…… 22
5.1.5 DLC polymer hybrids ………………………………………..……………...…… 23
5.2 Implants ……………………………………………..…………………………...… 24
5.2.1 Orthopedic implants ………………………………………..……………………. 25
5.2.2 Overview of implant materials in orthopedic applications ……………………..… 25
5.3 Implant-related infections ………………………………………………………..… 29
5.4 Cell adhesion ………………………………………………………..…………...… 30
5.4.1 Protein adsorption ……………………………………………………..…………. 30
5.4.2 Human and animal cells adhesion ………………..……………………………… 31
5.4.3 Bacterial adhesion ……………………………………………………..………… 33
5.5 Osteogenic differentiation of human mesenchymal stem cells ….…..……….…..… 34

6. AIMS OF THE STUDY ……………………………………………………..……… 36

7. MATERIALS AND METHODS ……………………………………………..…….. 37
7.1 Substrate materials ………………………………..…………………….………….. 37
7.2 Coating of substrate materials …………………………..…………………………. 37
7.2.1 Cleaning of substrate materials ………………………………..………………… 37
7.2.2 Diamond-like carbon and diamond-like carbon polymer coatings ………..…….. 37
7.2.3 Metals ………………………………………………………………..……...…… 38
7.2.4 Other materials …………………………………………………..………………. 38
7.3 Coating-substrate adhesion testing ……………………………………………..….. 39
7.3.1 The single crystal silicon wafer test ………………………………..……………. 39
7.3.2 The 180° back peel test …………………………………………………………… 39
7.4 Material characterization ……………………………………………………..……. 39
7.4.1 Composition ……………………………………………………………..………. 39
7.4.2 Topography, surface morphology and roughness……..……………………..…… 40
7.4.3 Wettability measurements ………………………………………………..……… 40
7.5 Preparation of samples and cells for bacteria and cell experiments …..………….… 40
7.5.1 Sample cleaning …………………………………………………..………...……. 40
7.5.2 Bacterial strains, growth media, cultures and stimulations …………..………….. 41
7.5.3 Human cell cultures and osteogenic induction ………………..…………………. 41



  5 
 
7.6 Evaluation of microbial adhesion and cellular proliferation and spreading …..…… 42
7.6.1 Bacterial adhesion ………………………………………………...……………… 42
7.6.2 Bacterial adhesion strength testing …………………………………………….… 42
7.6.3 Cell adhesion, quantification, proliferation, spreading and morphology ..………. 42
7.7 Footprint analysis ………………………………………………………..………… 44
7.8 Cell viability and metabolic activity …………………………………….………… 45
7.9 Evaluation of osteogenic differentiation ………………..…………………………. 45
7.9.1 Quantitative real-time reverse transcription polymerase chain reaction qRT-PCR 45
7.9.2 Mineralization assay …………………………………………………..…………. 46
7.10 Biocompatibility and cytotoxicity testing ……………………..…………….……. 46
7.11 Statistical analysis ……………………………………………………...……..…... 47

8. RESULTS ………………………………………………..……….…………………. 48
8.1 FPAD deposition of DLC coatings …………………………………………………. 48
8.1.1 DLC adhesion to the substrate material and oxide reduction of substrate surface .. 48
8.1.2 Simplified FPAD method for depositing high quality DLC coatings ..………….. 48
8.2 Bacterial adhesion to DLC …………………………..…………………………….. 48
8.3 DLC-p-h coatings ……………………………………………………………..…… 48
8.3.1 Bacterial adhesion to DLC-PTFE-h …………………………..…………….……. 48
8.3.2 Cell adhesion to DLC-PTFE-h and DLC-PDMS-h coatings ……….………….… 48
8.3.3 Cytotoxicity ………………………………………………………………..…….. 50
8.3.4 Osteogenic differentiation …………………………………………………..…… 51
8.3.5 Contact and sliding angles ……………………………………………………..… 52
8.3.6 Footprint analysis ………………………………………………………..…….… 52

9. DISCUSSION ………………………………………………………...……….…..… 53
9.1 FPAD deposition of DLC and its adhesion to the substrate material ………….…… 53
9.2 Bacterial adhesion to DLC ………………………………………..………….……. 53
9.3 Bacterial adhesion to DLC-PTFE-h ………………………..……………………… 54
9.4 Human and animal cells adhesion to DLC-PTFE-h and DLC-PDMS-h coatings .… 55
9.5 Cytotoxicity of DLC-PTFE-h and DLC-PDMS-h ………………………………… 56
9.6 Osteogenic differentiation ……………………………………………….………… 56
9.7 Contact and sliding angles …………………………………………………..……… 57
9.8 Footprint analysis ………………………………………………………..………… 58

10. CONCLUSIONS ……………………………………………………………..……. 59

11. ACKNOWLEDGEMENTS ………………………………..………………..…….. 60

12. REFERENCES ………………………………………………………..…………… 61

13. ERRATA ……………………………………………………………...…………… 76

 
 



6 
 
1. LIST OF ORIGINAL PUBLICATIONS

This dissertation consists of a summary and the following five scientific articles published 
in international scientific journals with referee system. In the summary the articles are 
referred to by the following Roman numerals (I-V):

I In situ surface oxide reduction with pulsed arc discharge for 
maximum adhesion of diamond-like carbon coatings, V-M. Tiainen, 
A. Soininen, E. Alakoski, Y. T. Konttinen, Diamond and Related 
Materials, 17 (2008) 2071-2074.

II Bacterial adhesion to diamond-like carbon as compared to stainless 
steel, A. Soininen, V-M. Tiainen, Y. T. Konttinen, H. C. van der Mei, H. 
J. Busscher, P. K. Sharma, Journal of Biomedical Materials Research Part 
B: Applied Biomaterials, 90B (2009) 882-885.

III Adhesion of staphylococcal and CACO-2 Cells on diamond-like 
carbon polymer hybrid coating, T. J. Kinnari, A. Soininen, J. Esteban, 
N. Zamora, E. Alakoski, V-P. Kouri, R. Lappalainen, E. Gómez-Barrena, 
V-M. Tiainen, Journal of Biomedical Materials Research: Part A, 86A 
(2008) 760-768.

IV Interactions of human bone cells with diamond-like carbon polymer 
hybrid coatings, A. Calzado, L. Saldaña, H. Korhonen, A. Soininen, T. 
J. Kinnari, E. Gómez-Barrena, V-M. Tiainen, R. Lappalainen, L. 
Munuera, Y. T. Konttinen, N. Vilaboa, Acta Biomaterialia, 6 (2010) 
3325-3338.

V Osteogenic differentiation on DLC-PDMS-h surface, A. Soininen, E. 
Kaivosoja, T. Sillat, S. Virtanen, Y. T. Konttinen, V-M. Tiainen, Journal 
of Biomedical Materials Research Part B: Applied Biomaterials, 102B 
(2014) 1462-1472.



  7 
 
2. AUTHOR’S CONTRIBUTION

Research presented in Papers (I-V) is a result of group work. Each author participated in 
the different aspects of the research.

Experimental parts of this study were conducted in following places:

Paper I: ORTON Research Institute, Diamond Group, Helsinki, Finland. 

Paper II: ORTON Research Institute, Diamond Group, Helsinki, Finland; Department of 
Biomedical Engineering, Groningen, The Netherlands. 

Paper III: ORTON Research Institute, Diamond Group, Helsinki, Finland; Department 
of Clinical Microbiology, Fundación Jiménez Díaz-UTE, Madrid, Spain; Department of 
Applied Physics, University of Kuopio. 

Paper IV: ORTON Research Institute, Diamond Group, Helsinki, Finland; Research Unit, 
La Paz University Hospital, Madrid, Spain; CIBER-BBN, Networking Centre on 
Bioengineering, Biomaterials and Nanomedicine, Madrid, Spain; Department of Physics, 
University of Kuopio, Finland.

Paper V: ORTON Research Institute, Diamond Group, Helsinki, Finland; Department of 
Medicine, Institute of Clinical Medicine, University of Helsinki and Helsinki University 
Central Hospital, BMH 1, Helsinki, Finland; University of Erlangen Nuremberg, 
Germany.

The author’s main contribution was participation in development, maintenance and 
operation of the deposition system as well as preparation of samples and analyses (Papers 
I-V). The author conducted the surface topography measurements in all Papers (I-V), 
except for ESEM and AFM measurements in Paper IV. The author did all bacterial 
cultures, solutions, bacterial adhesion experiments, bacterial characterizing, bacteria 
counting and image analysis for Paper II in Biomedical Engineering Department, 
Groningen, The Netherlands (15.6.2007-31.10.2007). Also the author was responsible for 
usage, maintenance and development of computer assisted hydrophobicity and 
oleophobicity (contact and sliding angle) measurement machinery and the principal user 
of the image and angle analysis software. For Papers II-IV, the author conducted the 
contact and sliding angle measurements. For paper V the author did all experimental 
analysis and imaging of cell samples. For paper V the author also participated at the 
Department of Materials Science, University of Erlangen-Nuremberg, Germany 
(23.10.2011-30.10.2011) for ToF-SIMS measurements and data analysis. The author of 
this thesis actively participated writing of all the research articles and is the corresponding 
author of Papers II and V. The author was responsible for the maintenance and 
organization of the laboratory and for collaboration with research laboratories in The 
Netherlands (Biomedical Engineering Department, Groningen), Spain (Department of 
Clinical Microbiology, Fundación Jiménez Díaz-UTE and CIBER-BBN, Networking 
Centre on Bioengineering, Biomaterials and Nanomedicine) and Germany (University of 
Erlangen-Nuremberg). The author was also in charge of computer maintenance, upgrades, 
software updates and renewals in the Diamond Group.

None of the Papers (I-V) have been used in previous theses. 

 
 



8 
 
3. NOMENCLATURE AND ABBREVIATIONS

AD amorphous diamond
AD-PDMS-h amorphous diamond-polydimethylsiloxane-hybrid
AFM atomic force microscopy
AISI 316L American Iron and Still Institute 316L surgical steel, a 

low carbon, acid resistant stainless steel alloy, contains 
iron, 18% chromium, 10% nickel and 3% molybdenum

Al2O3 aluminium oxide, alumina
ALP alkaline phosphatase
ANOVA analysis of variance
ATCC the American Type Culture Collection
ASTM ASTM International, formerly known as the American 

Society for Testing and Materials
BAI biomaterial-associated infection
BCI biomaterial-centered infection
bioMEMS biomedical micro-electro-mechanical system
BMC bone marrow cell
BSA bovine serum albumin
Caco-2 human colon carcinoma cell line Caco-2, an 

adenocarcinoma cell line
CCD charge-coupled device, device that reads electrical 

charge caused by light and converts it to digital signal
CFU colony-forming unit
Co cobalt
CoC ceramic-on-ceramic
Co-30Cr-6Mb Vitallium®, a metal alloy consisting of cobalt, 

chromium and molybdenum. Commonly used 
abbreviation: CoCrMo

CoCrMo a metal alloy consisting of cobalt, chromium and 
molybdenum

CO2 carbon dioxide
COL collagen
COL1A1 collagen, type I, alpha 1
Cr chromium
CVD chemical vapor deposition, general term for deposition 

method in which the gaseous deposit contains reactants 
that decompose and recombine to form the desired thin 
film

DAPI 4’,6-diamidino-2-phenylindole, fluorescent DNA-
binding dye

DC direct-current
DLC diamond-like carbon, general term used to denote

materials containing principally carbon and some sp3

diamond bonds.
DLC-p-h diamond-like carbon polymer hybrid, a novel group of 

materials developed by the ORTON Research Institute 
Diamond Group that have both some “diamond-like” 
and “polymer-like” properties



  9 
 
DLC-PDMS-h diamond-like carbon polydimethylsiloxane hybrid, a 

coating of carbon with sp3 diamond bonds and 
polydimethylsiloxane 

DLC-PTFE-h diamond-like carbon polytetrafluoroethylene hybrid, a 
coating with carbon with sp3 diamond bonds and 
polytetrafluoroethylene 

DLN diamond-like nanocomposite
DMEM Dulbecco’s modified Eagle’s medium
ECACC the European Collection of Cell Cultures
ECM extracellular matrix
ESCA electron spectroscopy for chemical analysis
ESEM environmental scanning electron microscopy
FBS fetal bovine serum
FCS fetal calf serum
Fe iron
FPAD filtered pulsed arc discharge method, a coating method 

developed by the ORTON Research Institute Diamond 
Group

HA hydroxyapatite
HDPE high-density polyethylene
hMSC human bone marrow-derived mesenchymal stem cell
hOB human primary osteoblast
HV Vickers hardness number
HXLPE highly cross-linked polyethylene
IBD ion beam deposition
ISO international organization for standardization
IU international unit
MALDI matrix-assisted laser desorption ionization
MCGS mesenchymal cell growth supplement
MEMS micro-electro-mechanical system
MMA methyl methacrylate
Mn manganese
Mo molybdenum
MoM metal-on-metal
MSCGM mesenchymal stem cell growth media
MTP metatarsophalangeal, the joints between the heads of the 

metatarsal bones and the bases of the proximal 
phalanges.

MTT tetrazolium dye, 3-(4,5-dimethylthiazolyl-2)-2,5-
diphenyltetrazolium bromide

NaCl sodium chloride
Ni nickel
OECD organisation for economic co-operation and 

development
OP osteopontin
PBS phosphate buffered saline
PDMS polydimethylsiloxane, silicone rubber, chemical formula 

[(CH3)2-Si-O]n
PFA paraformaldehyde
PGA polyglycolic acid
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PI propidium iodide, a DNA-binding dye
PIDD primary ion dose density
PLA poly(L-lactide), also PLLA is used
PLGA poly(lactide-co-glycolide)
PLLA poly(L-lactide), see PLA
PMMA poly(methyl methacrylate)
POM polyoxymethylene
PS polystyrene, synthetic polymer, chemical formula 

(C8H8)n
PTFE polytetrafluoroethylene, synthetic fluoropolymer. Best 

known by its trade name Teflon®, chemical formula 
[CF2]n

PVD physical vapor deposition, general name for deposition 
methods in which the atoms of the deposit are ejected in 
the vapor either by thermal evaporation or by atomic 
impact. 

qRT-PCR quantitative reverse transcription polymerase chain 
reaction or quantitative real-time polymerase chain 
reaction

Ra arithmetical mean surface roughness
RF radio frequency
RPLP0 large ribosomal protein P0
S. aureus Staphylococcus aureus
S. epidermidis Staphylococcus epidermidis
Saos-2 sarcoma osteogenic, human osteosarcoma cells
SDS sodium dodecyl sulfate
SEM scanning electron microscopy
Si silicon
sp1 oligomer hybridization of carbon valence electrons
sp2 planar hybridization of carbon valence electrons
sp3 tetrahedral hybridization of carbon valence electrons
SS stainless steel alloy, contains mainly iron, chromium, 

nickel and molybdenum
T318 titanium alloy, Ti-6Al-4V, composition of 6% 

aluminium, 4% vanadium, with maximum 0.25% iron 
and 0.2% oxygen, and the rest is titanium. Abbreviation: 
TiAlV

Ta tantalum
ta-C tetrahedral amorphous carbon
ta-C:H hydrogenated tetrahedral amorphous carbon
THA total hip arthroplasty
THR total hip replacement
Ti titanium
Ti-6Al-4V refer to T318 
TiAlV a metal alloy consisting of titanium, aluminium and 

vanadium, see T318
TKA total knee arthroplasty
ToF time-of-flight, an energy measurement method based on 

a measurement of a time-of-flight of an object in a 
known distance

ToF-SIMS time-of-flight secondary ion mass spectroscopy
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TRITC tetramethylrhodamine isothiocyanate, a fluorescent dye
TSB tryptic soy broth
Tween 20 polyoxyethylene sorbitol ester, normally used as a 

detergent and emulsifier
UHMWPE ultra-high-molecular-weight polyethylene
W tungsten, also known as wolfram
XPS X-ray photoelectron spectroscopy, also known as ESCA
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4. INTRODUCTION

Diamond is one of the most technologically and scientifically valuable crystalline solids 
found in nature, as it has a combination of properties unrivaled by any other known 
material. The word diamond is derived from the Greek adamas, meaning "unconquerable, 
invincible". Synthesis of diamond has attracted attention since it was discovered in 1797 
that diamond is a crystalline allotrope of carbon. The great interest in diamond arises from 
its extreme properties. Diamond has the highest atom number density of any solid material 
(1.76x1023 cm3) at normal atmospheric pressures. As a result of its high atom number 
density and the strong covalent bonding, diamond has the highest hardness of any material 
and is the least compressible substance known. At 300 K diamond has the highest thermal 
conductivity and the smallest thermal expansion coefficient among all materials. Diamond 
is also a very wide band gap semiconductor (Eg=5.5 eV), has a high breakdown voltage 
(107 V/cm), and it is transparent almost in the whole spectral region [1-4].

Diamond is a carbon allotrope, what means it is a formation of carbon atoms bonded in 
certain order with covalent bonds. Carbon is a unique and versatile element because of the 
short, medium and long range configurations it forms with itself and with other elements. 
A neutral single carbon atom has six electrons surrounding the nucleus. The arrangement 
of the electron orbitals in the ground state of C-atom is noted as the 1s22s22p2 configuration
[5]. To form compounds during the bonding process with other atoms, the four 2s2 and 
2p2 electrons are transformed into one out of three basic hybridization configurations, sp1,
sp2 and sp3 (Figure 1). In sp1 configuration, two of the four valence electrons ente

-axis and two other valence electrons 
2 configuration carbon forms graphite, the 

stable carbon allotrope with sp2 20 degrees 
3 configuration –diamond: an 

allotrope with sp3

physical properties of diamond are derived from its strong, directional [4, 6, 7].

Figure 1. Three hybridization configurations of carbon atom
structures.

Diamond-like carbon (DLC) films have been the subject of investigation all over the world 
since early 1970s when the first deposition method of DLC production  was introduced by 
Aisenberg and Chabot [8]. Aisenberg and Chabot used direct ion beam deposition (IBD) 
to prepare first DLC thin films. This method had a low deposition rate and was suitable 
for laboratory use only. Since then various methods for deposition of DLC coatings have 
been developed but the nomenclature concerning carbon-based coatings has been 
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ambiguous. The diversity of deposition methods and of characterization techniques (very 
often with insufficient reference data) led to an ambiguous nomenclature: DLC, a-DLC, 
a-C, a-C:H, HDLC, ta-C, ta-C:H, a-D, AD, hard carbon etc. Currently in literature some 
naming consistency is established. DLC is a general term for coatings which contain any 
fraction of diamond sp3 bonds, leading to “diamond-like” properties regardless of the 
amount of hydrogen in the film. If coatings are classified by their hydrogen content, the 
terms hydrogenated DLC and hydrogen-free DLC should be used. To emphasize sp3

diamond bond content exceeding 70% of bond fraction in coating, a name tetrahedral 
amorphous carbon (ta-C) should be used. Similarly, when describing hydrogenated films, 
hydrogenated ta-C (ta-C:H) should be used. If sp3 fraction is low, terms amorphous carbon 
(a-C) and hydrogenated amorphous carbon (a-C:H) are used [9, 10]. Previous terms: 
amorphous DLC (a-DLC) and hydrogenated DLC (HDLC) are rarely used in present 
literature. Amorphous diamond (AD) notation is still occasionally used, but this is 
confusing term because diamond crystal structure is far from being amorphous. However, 
this notation definitely outlines diamond properties. In this thesis, Papers (I-V), the DLC 
is used to denote only ta-C unless otherwise noted. The new term DLC polymer hybrid 
(DLC-p-h) was chosen to denote the new type of materials developed in our laboratory  to 
indicate a significant amount of sp3 diamond bonds [11].

The ORTON Research Institute Diamond Group, led by adjunct professor Veli-Matti 
Tiainen, has been intensively studying DLC coatings since the mid-80s. Typically, the 
thickness and the quality of the DLC coating are compromised to avoid poor adhesion 
resulting from the internal stress in the coating. Maximal adhesion is achieved with the 
filtered pulsed arc discharge (FPAD) method developed by the Diamond Group [12]. With 
FPAD system, high-quality (sp3 diamond bonds >80%) and extremely thick (>200 m) 
DLC coatings can be prepared that have excellent adhesion to the substrate. Paper I of this 
thesis describes a two-step (high and low energy FPAD) coating process to produce DLC 
coatings with exceptional properties. To the best of our knowledge the Diamond Group is 
the only one in the world that make thick (>6 m), adherent and good-quality DLC films. 
For the last 15 years the group’s main focus has been on industrial and medical 
applications of tribological coatings, especially on DLC-coated total hip replacement 
(THR) implants. Tests conducted in bovine serum with an accredited hip simulator showed 
that the wear resistance of the hip implants coated with thick (>10 m) DLC was improved 
by a factor of 106 when compared to the wear resistance of commercially available hip 
implants [13]. In accelerated chemical corrosion tests, an application of 1- m-thick DLC 
coating reduced the corrosion of a common hip implant material (CoCrMo alloy) by a 
factor of 105 [14]. The average life span of THR implants is 15 years and this is not 
sufficient for an individual who may need an implant to last for more than 30 years. 
Durability of currently used implants does not meet the requirements of higher life 
expectancy in human populations. Current reviews suggest that DLC-coated implants may 
be an effective and plausible alternative for current less durable implants [15, 16]. With 
FPAD deposited DLC coatings the wear and corrosion of artificial hip implant could be 
practically eliminated. Although diamond-like carbon coating materials have been studied 
for decades, today there are still no indisputably successful commercial biomedical 
applications for high load situations. High internal stress in thick DLC coatings, leading 
to insufficient adhesion to many hard materials is the main reason causing a delay in 
common use of DLC coatings for load-bearing applications. Numerous reviews discussed
potential of DLC coatings for biomedical applications but many authors suggested further 
testing [15-22].
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When implant is inserted into human, an implant infection can occur. Implant infections 
not only increase health-care costs but also human suffering. An implanted device 
increases the risk of infection in multiple ways: surgical procedures cause tissue damage, 
bacteria may invade tissues during the implantation and host defense is compromised in 
tissues surrounding the foreign body. Finally, implant’s surface can also function as an 
adhesion and growth platform for microbes. Most studies had neglected potential 
susceptibility of DLC coatings to bacterial adhesion, which is the first step (after 
implantation) in development of implant-related infections. In Paper II adhesion of seven 
bacterial strains, commonly implicated in implant-related infections, to DLC and AISI 
316L (surgical steel) was compared. The results showed that a difference between 
bacterial adhesion to DLC and to surgical steel was not statistically significant. This 
suggests that DLC coating can be used on implants made of AISI 316L or other materials 
without increasing the risk of implant-related infections. More recent studies further 
suggested that DLC has antibacterial properties [23-28].

Figure 2. Schematic representation of filtered pulsed arc discharge (FPAD) unit.

All studied DLC coatings were prepared with FPAD coating process. FPAD coating 
system is basically a pulsed plasma accelerator. In a FPAD unit (Figure 2) a capacitor 
bank is discharged between two electrodes (cathode and anode) in a vacuum. High voltage 
between the cathode and the anode accelerates the plasma towards and through the ring-
shaped anode into a curved solenoid which confines and steers the plasma towards the 
sample and filters out majority of the graphite particles generated during the arc discharge. 
The solenoid is connected in series with the arc discharge unit, the main capacitors and 
the tuning resistor. The ignition spark is generated in a gap between the cathode and the 
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ignition tip when an ignition capacitor bank is discharged. Because cathode is made out 
of graphite, carbon plasma is generated. The ignition and the main capacitor banks are 
continuously charged; the spark is auto-ignited when the ignition capacitors exceed break-
down voltage. By adjusting a breaker gap of the ignition circuit the auto-ignition level and 
at the same time the pulse repetition rate can be adjusted. Due to the pulsed operation 
mode heat dissipation problems are avoided although the peak currents can be very high 
(in the order of several kA) [12].

Once during FPAD coating experiment an insulating polymer of the solenoid was 
unintentionally evaporated into the plasma plume. This resulted in forming of a thin film 
with interesting properties. The new film was extremely hydrophobic (water repelling) 
due to the polymer (oligomers) intermixed with DLC. With a slight modification of FPAD 
system we could produce coatings with DLC and polymer components combined in a 
controlled way. This led to a discovery of a new group of materials: diamond-like carbon 
polymer hybrid (DLC-p-h) coatings. Two novel hybrid coatings, DLC 
polytetrafluoroethylene hybrid (DLC-PTFE-h) and DLC polydimethylsiloxane hybrid 
(DLC-PDMS-h), have been further investigated [13]. These novel hybrid coatings are hard 
(harder than any polymers) and have dirt repelling (hydrophobic and oleophobic) 
properties [11, 29].

Modified FPAD system made possible to combine diamond and polymer properties in 
coatings. The properties of a specific DLC-p-h coating mainly depend on a type and 
amount of polymer used in the coating. PTFE and PDMS polymers were chosen because 
they are common materials with non-stick and antifouling properties. Discovery of DLC-
p-h materials with excellent dirt repelling properties allowed us to propose that these 
compounds could be used as antifouling coatings in medical applications. Papers III and 
IV evaluate interactions of DLC-p-h coatings with bacteria and human cells by measuring 
cell adhesion and proliferation on these coatings and on common biomaterials. Results of 
Paper IV showed that adhesion of human cells to DLC-PDMS-h was inhibited and some 
of the cells underwent a programmed cell death. This led to Paper V where osteogenic 
differentiation was studied on DLC-PDMS-h surface to investigate if this coating material 
could be used in medical applications where osseointegration should be avoided or when 
using devices destined for temporary use only.
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5. REVIEW OF THE LITERATURE

5.1 DLC

5.1.1 Deposition methods

The specific properties of an individual DLC coating are critically dependent on the 
conditions under which it is deposited. These coatings are produced from solid carbon or 
liquid/gaseous hydrocarbon sources, using either ion beam or plasma discharge deposition 
systems. DLC coatings are formed when ionized and decomposed hydrocarbon or carbon 
species hit the surface with energies ranging from several tens of electron volts (eV) to 
several hundred eV [4, 30]. The highest numbers of sp3 fractions are formed with carbon 
ion energies around 100 eV [7, 31]. All methods for the deposition of DLC films are 
characterized by the interaction of energetic ions with the surface of the growing films. 
DLC deposition methods can be divided into two main categories: physical vapor 
deposition (PVD) and chemical vapor deposition (CVD). Coatings produced with PVD
techniques are purely amorphous or have nanocrystals imbedded in the amorphous 
material and the structure of coatings produced with CVD methods is generally 
polycrystalline [7].

Aisenberg and Chabot [8] published in 1971 the first PVD method how to deposit DLC 
films. They used IBD to produce DLC films. This early deposition method was suitable 
for laboratory use only because a deposition rate was very low (1 m/hour maximum, Amax
~10 mm2) [32]. The application of hydrocarbon plasmas instead of carbon ions in CVD 
deposition methods allowed increase in the deposition rate of DLC films by two orders of 
magnitude. The CVD coating of DLC films has received a great deal of attention in 
materials science because it made possible many new applications of diamond coatings.
In a typical CVD system for DLC coating, a low-pressure carbon containing gas 
(hydrocarbon) is ionized in a process chamber. Hot filament, microwave power, and arc 
discharges are mainly used as energy sources. Typical DLC films produced with CVD
methods are hydrogenated in structure, have sp3-bonding fraction ranging from 0.1 to 0.6 
and a hydrogen content up to 50% [7, 30]. The hardness and density of hydrogenated DLC 
films is diminished by high hydrogen content, limiting their use in demanding 
applications, where high hardness and corrosion resistance is required. CVD deposited 
films are generally polycrystalline in structure (not DLC) and contain a mixture of sp3 and 
sp2 coordinated carbon together with a significant amount of hydrogen.  In CVD systems 
hydrogen acts as a precursor for crystalline formation, allowing the formation of the 
coating [4, 9, 33, 34]. The CVD processes require deposition temperatures of at least 
600°C in order to obtain the required yield and properties what limits choices of substrate 
materials [7]. However, low temperature deposition methods have been developed 
recently [35]. The molecular arrangement of carbon atoms within DLC films can be highly 
variable, and it depends on the specific deposition conditions. There are various 
adaptations of CVD techniques which include e.g. microwave-, radio frequency-, direct 
current-enhanced or plasma-enhanced chemical vapor deposition, ultra-high vacuum 
chemical vapor deposition and plasma immersion ion implantation [15, 17]. In recent 
years CVD techniques for production of single crystal diamonds have been also introduced
[36].

Hydrogen free DLC coatings with sp3 fraction ranging from 0.1 to 0.9 can be prepared 
with PVD methods. In a PVD system carbon-containing material is transformed into 
ionized gas (plasma) using high current, an electric arc discharge or a laser in a vacuum 
chamber. This plasma is then accelerated and/or steered towards the substrate. If the 
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energy of the plasma ions is right, an amorphous carbon coating rich in diamond bonds is 
formed [7]. In PVD systems the substrate temperature can be as low as room temperature, 
allowing large selection of substrate materials.  PVD produced DLC coatings are 
amorphous, and though lacking long-term structural order, they have high content of sp3

fraction what gives the  coating mechanical properties similar to those of natural diamond 
(e.g. hardness and inertness). The most common PVD methods are sputtering, mass 
selected ion beam, IBD, ion beam assisted deposition, ion plating, cathodic arc deposition 
and pulsed laser deposition [9, 17]. It should be noted that high-quality DLC coatings can 
be prepared with these methods but the deposition yield is normally too low for industrial 
applications.

The FPAD method used for deposition of DLC coatings in the present work, is a variant 
of cathodic arc deposition PVD method [12]. The deposition method and coating 
equipment have been designed, developed, and built in our laboratory. No references could 
be found in current literature describing other methods that would be able to produce 
similar high quality (sp3 fraction >80%), thick (>200 m) and well adherent DLC coatings
[14, 37] . A former member of the Diamond Group, professor Reijo Lappalainen at the 
University of Eastern Finland has built a similar FPAD coating system and produced DLC 
coatings with thickness up to 0.9 m for various experiments [38-44]. The quality of these 
coatings has not yet been reported. In another work Chhovalla has reported method of 
growing high-quality DLC with thickness up to 6 m [30].

5.1.2 DLC-substrate adhesion

The strong adhesion of the films is very important for enabling the use of DLC as an 
implant coating in high mechanical stress applications. The high-quality DLC (ta-C) 
coatings produced with PVD method have high internal stresses originated during violent 
process of deposition. During the deposition molecular species arriving with high energies 
to the surface can become implanted into the film where they may occupy interstitial sites 
and therefore produce compressive stress. That is why ta-C films have considerable
intrinsic, compressive, up to 10-12 GPa stresses [30, 34]. This property is directly 
correlated to the fraction of sp3 bonds in the films [45-47]. The high intrinsic stresses limit 
thickness of high-quality films to less than 1 m. In order to act as a protective coating, 
the films have to adhere firmly to the substrate and should have thickness appropriate for 
a specific application. For good adhesion the adhesive forces have to overcome the internal 
stresses in films. Otherwise the internal stresses will cause the films to delaminate from 
the substrate.

T C films can be  grown via post-deposition annealing at 
600°C [48]. However, such post-deposition annealing makes it impossible to deposit DLC 
films on temperature-sensitive substrates. Various other methods have been tried to relief 
stresses in the coatings, these include: ion irradiation [49], substrate biasing [50, 51] and 
incorporating of different metals [31], silicon [52] or boron [53] in the coating during the 
deposition process. Unfortunately they decrease coating performance. Chhowalla reports 
that the growth of thick DLC films through ta-C/a-C multi-layers can reduce the internal 
stress [30]. However, the introduction of multi-layers creates additional complexity in the 
deposition process. Because effective method of production stress-free and high-quality 
DLCs is not yet introduced, attention of researchers have become directed towards
improving the adhesion of coatings. Two main factors were considered, first, a selection 
of optimal materials for intermediate layer(s) and substrate or combined; second a
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selection of optimal method for production of the intermixing layer with high energy 
carbon ions. The first factor is the most essential for the adhesion of DLC coatings to the 
substrate. The material has to be able to form carbides at the material-coating interface. 
Carbide formation in the substrate material leads to a good adhesion of DLC coatings [30,
54-57]. Silicon intermediate layers have also been reported to enhance DLC adhesion [58].
As it concerns second factor, Chhowalla has reported a method for deposition of high-
quality DLC coatings up to 6 (on Ti-6Al-4V) using 1 keV C+ ion bombardment prior 
to the low-energy (100 eV) deposition of DLC [30]. Our group (the ORTON Research 
Institute Diamond Group) was successful in creating coating a similar 
two-step technique [14]. In addition, a significant factor affecting the adhesion of DLC 
coatings is the hardness of the substrate. According to our earlier studies the critical 
hardness limit is HV 3 GPa [54]. Below this limit it is possible to prepare high quality 

[14]; above this limit, the maximum thickness of the
highest quality coatings is approximately 500 nm [37]. Using these two-step processes, a
thick and highly stressed DLC films which are well adhering can be deposited properly 
on a selected substrate material. Morshed et al. [59] showed that the adhesion of DLC 
films to stainless steel is improved significantly when the substrate is pre-etched with 
argon before the deposition of the DLC film. Peng and Clyne reported similar findings on 
steel and titanium surfaces [60]. A rarely addressed parameter affecting adhesion of 
coating of metals is the native oxide layer, which is usually formed on these surfaces. 
Surface oxide layer naturally affects surface properties (e.g. hardness) of the substrate 
material and can lead to unexpected delamination of the DLC coating. Properties of 
material’s surface are altered because the oxide molecular size is different from that of 
base materials (Billing-Bedworth ratio) what causes stresses to the surface of the bulk 
material. In this thesis (Paper I) a simplified two-step coating set-up to remove native
oxide layer in order to optimize adhesion of the DLC coating is presented.

5.1.3 Biocompatibility

Biomaterials inside the human body are normally well tolerated. If the implant can 
function effectively for the required period of time, it is said to be biocompatible. In 
general the biocompatibility is the ability of a material to perform with an appropriate host 
response in a specific application. However, every implant material, no matter how 
“biocompatible”, stimulates a tissue response. This response may be very small and a 
patient is unaware of any problem as long as the implant effectively carries out its function. 
In the other extreme, patient’s life could be endangered. When implant is placed 
subcutaneously within the body, a biomaterial will induce an inflammatory response. This 
is the first reaction of the host defense mechanism and the beginning of the wound healing 
response. Human body responses to a wound are well known, but those to surgical 
implantation of a medical device are less understood. The common way to evaluate
implant biocompatibility is to characterize hemocompatibility and cytotoxicity by 
measuring protein adsorption or cell adhesion to the surface of the implant’s material.

Hemocompatibility

The reactions of the body to a blood contacting implant depend on the surface conditions 
of the implant such as the chemical composition, surface texture and local flow conditions. 
Two main characteristics are evaluated to characterize hemocompatibility: coagulation 
cascade and blood clotting (thrombogenicity). This is assessed by investigating adhesion
of human platelets, fibrinogen and albumin to material’s surface. A high absorbed 
albumin/fìbrinogen protein ratio measured on an implant surface prior to cells or platelets
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attachment correlates with a small number of adhering platelets indicating a low tendency 
of thrombus formation. Studies show that DLC, has higher ratio of absorbed 
albumin/fibrinogen proteins when compared to Ti surfaces. This corresponds to surface 
area coverage by platelets indicating an ability of DLC coatings to resist thrombus 
formation [61-63]. Platelets activation, clotting and thrombus formation were observed on
Ti surfaces. Dion et al. reported higher ratio of albumin/fibrinogen on DLC than on silicon 
elastomer [64]. Similarly, Cui and Li showed higher ratio of albumin/fibrinogen on DLC 
as compared to poly(methyl methacrylate) (PMMA) [17]. In summary, DLC upon a 
contact with blood exhibits the highest albumin/fibrinogen ratio among these tested
materials. Numerous platelet adhesion studies (reviewed by Hauert [20]) showed that
DLC surfaces have lower numbers of adhering platelets as compared to other implant 
materials [65-68]. Also Maguire et al. demonstrated that platelet adhesion to DLC can be 
reduced even more by doping DLC film with Si atoms [69]. It has been shown that the 
higher the hydrogen contents in DLC, the lower the albumin/fibrinogen ratio [70]. This 
indicates that non-hydrogenated films have better hemocompatibility than hydrogenated
films. In addition, the published in vivo tests indicate hemocompatibility of DLC coatings
[20]. The hemocompatibility of the material can also be evaluated by measuring the 
hemolysis ratio (the lower the hemolysis ratio, the better the hemocompatibility) [22].
Recent studies by Sharma et al. show that hemolysis ratio on DLC coated PMMA is
similar to that in standard saline. They reported that DLC is a biocompatible material also
at the nano level [71]. Cui and Li showed that neutrophilic granulocytes (neutrophils)
adhered significantly less to DLC coating than to PMMA control [17]. Most recent 
hemocompatibility study of DLC films in 24 pigs verified former findings [72].
Combining all results above, it can be concluded that DLC is a highly hemocompatible 
material.

Cell attachment and cytotoxicity testing

For successful contact and tissue growth on the implant, the cells should attach, spread 
and proliferate well on the implant surface. It has been observed that fibronectin plays a 
major role in mediating and promoting the adhesion, spreading, growth and differentiation 
of cells on biomaterials [73]. Thus fibronectin behavior is usually applied in testing of
materials biocompatibility. The most common method used to assess materials 
biocompatibility is to measure the number and spreading of different relevant human and 
animal cells, especially those which come into contact with the joint implants such as 
macrophages, fibroblasts and osteoblasts [70]. Biocompatibility of new materials can be 
evaluated by comparing results of their biocompatibility tests to those obtained from 
conventional biomaterials which were proven to be biocompatible based on formal testing 
and long-term clinical use. The testing is carried out in vitro and in vivo. The effects of the 
tested material are compared to those of known as non-cytotoxic materials, e.g.
polyethylene (used as negative controls), and to those of known as cytotoxic materials,
used as positive controls. Material is considered to be cytotoxic if cells do not proliferate 
well and/or die upon contact with the surface of the material.

In vitro
Effects of DLC coatings on the growth and activation of macrophages have been studied.
Macrophages are tissue immune cells derived from mononuclear monocyte precursors 
circulating in the blood. Macrophages are best known for their ability to phagocytize
(“eat”) extracellular particles. Experiments using murine [70, 74, 75], or human 
monocytes and macrophages [75, 76] showed consistently a biocompatibility of both 
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hydrogenated and non-hydrogenated DLC coatings in association with a favorable high 
albumin-to-fibrinogen adsorption ratio measured on the DLC surface [70]. Mouse and 
human fibroblasts grown on DLC gave similar results by showing cytocompatibility of
DLC coatings [75, 77-82]. Fibroblasts are usually spindle shaped cells known for their
ability to produce interstitial type I and III collagens in connective tissue. In addition to 
macrophages and fibroblasts, osteoblast-like cells have been used to study
biocompatibility of DLC [75, 83]. Osteoblasts are bone forming cells which build a bone 
tissue by producing collagen type I-rich organic matrix (osteoid) which becomes
subsequently mineralized with hydroxyapatite (HA).

Cell growth, adhesion and spreading of osteoblasts on DLC has been studied using 
primary osteoblast cultures from 4-day-old Wistar rats [84], murine osteoblast-like cell 
lines MC3T3-E2 [85] and MC3T3-E1 [86], as well primary bone marrow cells culture 
from rats [87]. All above reports showed good cell attachment, adhesion kinetics and
healthy morphology on DLC surfaces. Similar findings were obtained in studies carried 
out with the following human cell lines: bone marrow-derived mesenchymal stem cells 
(MSC) [88], hematopoietic acute myeloblastic leukemia ML-1 cells, human embryonic
kidney 293 cells [89], glial-like (glioblastoma) T98-G cell line [81], human osteoblast-
like Saos-2 cells and MG-63 [75, 90, 91], and human colon adenocarcinoma Caco-2 cells
[Paper III]. The only exception was a behavior of MG-63 osteoblast-like cells that had a
poor adhesion on the DLC films but they did not show signs of cytotoxicity. Other studies 
testing DLC surfaces using standard cell lines gave similar results by showing no adverse 
effects on cultured cells [74, 92, 93].

In vivo
Numerous in vivo tests of DLC coating have been done since mid-90s.The following major 
experiments and findings were  published between 1999 and 2011: 1) DLC coated 
stainless steel cylinders were implanted into sheep’s cortical bone and muscular tissue for 
4 and 12 weeks. Results showed the biocompatibility of DLC coatings [80]. 2) DLC-
coated implants in the tibiae of Wistar rats were better osseointegrated during 30-day 
period than the reference titanium implants [94]. 3) DLC coated cobalt-chromium 
cylinders were implanted in intramuscular locations in rats and in transcortical sites in 
sheep for 90 days. Histologic analysis of specimens retrieved after surgery showed that 
the DLC-coated specimens were well tolerated in both sites [91]. 4) DLC coated Ti 
samples were implanted in skeletal muscle of rabbits for 1, 3, 6 and 12 months. The tissue-
cell interaction data indicated that DLC was biocompatible with skeletal muscle [95]. 5) 
DLC coated implants in SV129 mice were monitored up to 6 months and showed a benign 
tissue response in subcutaneous tissue [96]. 6) DLC coated cylinders were inserted into 
both muscular tissue and femoral condyles of rats for 4 and 12 weeks. Postoperative 
histological analyses showed that the DLC coatings were well tolerated in these sites,
demonstrating in vivo biocompatibility of DLC [97]. 7) DLC coated implants were 
inserted into both muscular tissue and femoral condyles of rats. Results indicated 
biocompatibility and DLC-coated implants were directly bonded to bone without any 
intervening soft tissue layer [98]. 8) DLC coated embracing fixator in rabbit femoral 
fracture model were applied for 4 weeks using nickel-titanium shape memory alloy as 
reference fixator. DLC coated fixator appeared to have better biocompatibility than 
uncoated one [88].

Reactions to wear particles
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Macrophages are important cells for testing long-term biocompatibility of biomaterials
because they play the main role in wear particle-induced chronic inflammation [99]. One 
aim of implants development has been to invent materials that undergo minimal wear in
many conditions, especially in high-load applications. Currently the DLC surface seems 
to be the best option because its wear is almost non-existent. At the beginning of implants
development it was thought that PMMA or “bone cement” is the source of foreign bodies, 
which induce and maintain a chronic foreign body reaction (“cement disease”). Implants 
that could be used without bone cement were further developed in hope to bypass this 
complication. Most of these “cementless” (non-cemented) implants had metal in contact 
with ultra-high-molecular-weight polyethylene (UHMWPE) bearing surface. It was 
shown that polyethylene wear particles also caused foreign body reactions and aseptic 
loosening of implants. The host reaction was therefore renamed to “particle disease”. One 
way to prevent “particle disease” would be to coat the bearing surfaces of joint implants 
with DLC to minimize wear and thus wear response. Furthermore, particles with different 
chemical compositions may cause different reactions. Particulate wear debris in load 
bearing biomedical applications can cause adverse local host reactions. Materials that are 
well tolerated in bulk form can induced adverse reactions if present in particulate form,
such as wear debris [20]. The extreme form of such a reaction, aggressive granulomatosis, 
is a distinct condition, different from simple or regular aseptic loosening. For example,
MMA and UHMWPE (common biomaterials in THR) are essentially immunologically 
inert implant bulk materials, but in the form of small particulates they can become cellular 
irritants initiating local adverse reactions leading to loosening of the implants [100]. To 
address this potential problem in DLC coating applications, an effect of DLC coating wear 
debris on cells has been investigated. Bruininck et al. [101] used a model of bone marrow 
cells from rats cultured with DLC film fragments (5x105 ml-1, size >2 m) for 14 days. 
The results showed that DLC particles were inert, and that DLC wear debris does not have
adverse effect on cells. Tests with bone harvesting chambers in rabbits revealed a benign 
response to diamond particles (size 2-15 m) and no impairment of bone formation while 
responses to materials such as high density PE, MMA and CoCrMo included inflammation
and decrease of  bone formation [102-104]. This may imply that bone formation is 
maintained due to lack of inflammation in response to DLC particles and may even favor 
osseointegration on DLC coated implants. Biocompatibility studies of DLC particles with 
different sizes gave similar results. Shapes of particles were not defined in these studies
but, shape effect should be taken into consideration when probing biocompatibility of 
material. For example, when Yang et al. studied the shape effect of HA particles on bone 
mesenchymal stem cells, results revealed that the shape of HA particle has a strong 
influence on cellular behavior, and that the sphere-like particles performed better than the 
rod-like particles [105].

Reaction to metal ions

Biocompatibility of biomaterials is also assessed by evaluating release of metal ions to the 
implant surroundings. Due to the high wear in high load applications of orthopedic 
implants, current joint implants comprise metal parts. Low-wear 1st and 2nd generation 
metal-on-metal (MoM) type of implants including hip resurfacing implants and large-
diameter total hip replacement implants have been developed and tested [106]. Although 
volume wear was low, the implants were characterized by high production of metal ions 
and adverse reactions to metal debris such as pain, fluid collections and pseudo tumors.
These symptoms were defined as “ion disease” and are an effect of implants 
electrochemical corrosion [107, 108]. Because DLC coatings are ceramic in nature, no 
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metal ions are released during their use. Therefore one way of preventing the excessive 
electrochemical corrosion could be an application of thick layer of DLC coating on 
surfaces of MoM implants. The DLC with no penetrating pitting defects could have 
diminished the crevice corrosion and thus eliminate the release of metal ions [21, 109].

In summary, the results discussed above strongly support the statement that DLC coatings 
are biocompatible in both in vitro and in vivo experiments.

5.1.4 Biomedical applications

It has been demonstrated that DLC is biocompatible material (section 5.1.3) and has 
outstanding tribological properties [55, 110, 111]. The DLC coated cardiovascular 
implants such as artificial blood pumps, and stents are already commercially available [15,
22, 112]. DLC electrodes are also widely employed in biosensors [111]. So far, the largest 
use of DLC coatings is anticipated in orthopedics and articulated prostheses. DLC coatings 
have been studied for decades but today there are still no indisputably successful 
commercial biomedical applications for high load situations. Numerous review articles 
have been published on DLC coatings in biomedical applications and in all of them the 
potential of the DLC coatings in orthopedics is anticipated though further testing is 
recommended [15-22]. Hip prostheses were tested by joint simulator, using DLC vs. DLC,
ceramic on ceramic (CoC) components to be an alternative for MoM prostheses which 
have problems with metal ion release as well as for metal-on-polyethylene prostheses 
which have high wear rate problems. Use of DLC coatings reduced wear one million fold 
compared to commercially used CoCrMo implant material and decreased the corrosion 
rate of the substrate by a factor of 105 [13, 14, 55]. However, so far the DLC coatings have 
not reached the market on this field yet. This may be due to poor outcome of some DLC 
coatings used in sliding surfaces, i.e. in hip and knee prostheses, where delamination of 
the coating was observed in the clinical use [20, 113]. Taeger et al. did follow up study on 
hip implants (DLC coated titanium alloy or Al2O3 femoral head, wearing against 
UHMWPE cup) after average of 9 years of usage. Results showed four times more failures 
caused by DLC coated heads compared to Al2O3 heads. These failures were caused by 
localized delamination of DLC coatings. The only commercializing attempt of DLC 
coatings in total knee arthoplasty (TKA, also known as total knee replacement or TKR)
took place in Switzerland, and was unsuccessful for the same reason. This happened in
2001 when Implant Design AG introduced the Diamond Rota GlidingTM knee implants
(DLN femur component vs. UHMWPE) without pre-testing of the implants (because such 
pretesting was not required for marketing). In the same year 190 implanted prostheses 
showed increased wear and partial coating delamination. This lead to premature revision 
surgeries and in July 2001 the Swiss Federal Office of Public Health (SFOPH) forbid the 
use of Diamond Rota GlidingTM implants [20].

In the deposition process of DLC the compressive tension forces of the coating increase 
with the thickness of coating. Eventually, the internal forces can exceed the adhesion 
forces and result in delamination of the coating. The higher the quality of the coating (sp3

fraction), the greater are the stresses. The internal compressive stress associated with DLC 
coatings can be extremely high, especially in ta-C films, up to 10-12 GPa [30, 34]. It 
was earlier believed that high-quality ta-C could not be deposited to the thickness greater 
than 100 nm without increasing the risk of coating delaminating from the substrate surface 
[30, 54]. Therefore it is evident that thin (<1 m) DLC coatings cannot be expected to 
survive, when subjected to heavy peak loads, as occurs in artificial hip and knee joints,
which can be more than three times the body weight of the patient [114].
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Currently, these problems can be avoided by proper selection of substrate materials and
intermediate layers together with the use of high energy plasma to produce sufficient 
adhesion layer as discussed in section 5.2.1. It is suggested that the main reasons for these 
failures were insufficient coating thicknesses and bad choices of materials combination. 
These two clinical series with poor results gave a bad reputation to DLC as a candidate 
for a load bearing biomedical applications. Such situation delayed the use of DLC in 
orthopedic applications even after it was shown that adherent, thick (>10 m) and high 
quality DLC could be deposited on articulating surfaces of hip implants [14, 54].
Unfortunately, one and the most recent human study on DLC coated first 
metatarsophalangeal (MTP) joints showed a failure of these implants after 4 years of usage 
due to similar reasons discussed above [115]. Joyce suggested a corrosion based failure
[115, 116]. It is important to stress here that these prostheses had only nominal DLC 
thickness (180 nm alone and 300 nm with Si-based adhesion layer). Hauert et al. referred
to these coating as: “to be rather thin for a protective coating, at least in a technical 
application” when they were analyzed after removal of the implants [117].

There are currently many research focused on developing and testing new biomedical 
applications of diamond coatings. Several examples are presented below: 1) MEMS and 
bioMEMS: diamond-based materials may find use in micro scale devices for sensing 
and/or drug delivery. Conventional MEMS systems are commonly fabricated using
silicon; however, silicon has undesirable mechanical and tribological properties, including 
poor cytocompatibility and cell-unfriendly behavior [38]. DLC and nanocrystalline 
diamond coatings have been tested on MEMS silicon surfaces to improve
biocombatibility, physical, electrical and chemical properties and the functionality of the 
devices [118-120]. Due to the properties of diamond, it seems that DLC coating-based 
MEMS would be much better than Si-based and should perhaps dominate over silicon-
based MEMS devices [110]. 2) Bone screws: AD thin film has been investigated for use 
in bone screws as torque and failure reducing coating. Results were promising because the 
coating reduced torque even up to 50% [40]. 3) Neuroprostheses: hydrogen-terminated
single crystalline diamond did show a good stability as new material for biohybrid devices 
for the detection of electric signals from cells [121]. 4) Retinal prostheses: these devices 
are retinal microchips that may be used to restore vision that is lost because of retinal 
degeneration. Ultrananocrystalline diamond is a promising candidate for use as 
encapsulating coatings for implantable retinal microelectronic devices [122]. 5) Contact 
lenses: DLC coated  contact lenses did show a variety of positive properties: antibacterial 
activity, chemical inertness, smoothness, enhanced light transmission and reduced 
adhesion of microorganisms, proteins, fats and salts [123]. In addition, DLC has also been 
tested successfully as a coating for guide wires, urinary tract catheters, orthodontic 
archwires and other implants in oral cavity [112, 124, 125].

5.1.5 DLC polymer hybrids

DLC-p-h coatings is an innovation of the Diamond Group. The unique modified FPAD 
method used for deposition of DLC-p-h coatings was designed, and developed in our 
laboratory. The main distinction to deposition of DLC coatings is the application of a
graphite-polymer cathode in a modified FPAD system [11]. Our group (in collaboration 
with other research groups) have published nine articles related to preparation, 
investigation and implantation of these novel coatings [11, 13, 25, 29, 126, 127][Papers 
III-V]. There is a reference which describes production of similar AD-PDMS-h coatings 

 
 



24 
 
with ultra-short pulsed laser deposition, a Coldab™ deposition technology developed by 
Picodeon Ltd Oy (Helsinki, Finland) [128].

The properties of the DLC-p-h coatings depend on the amount of polymer component that 
can be controlled during the deposition process. So far two types of DLC-p-h coatings 
have been developed, DLC-PDMS-h and DLC-PTFE-h. PDMS and PTFE polymers were 
chosen because they are common non-stick materials and it was likely that their anti-
soiling properties would be transferred to the resulting hybrid coatings. The properties of 
DLC-p-h coatings represent a combination of DLC properties and anti-soiling features
(hydrophobicity and oleophobicity) of applied polymers. The hybrid coatings achieved
Vickers hardness up to 70 GPa and contact angle up to 112° [11]. For example DLC-
PDMS-h coating with hardness of 26 GPa and 109° water contact angle was prepared. It 
should be noted that  this equals to the hardness of alumina (Al2O3), which is harder than 
any of the common polymers [129]. The temperature resistance of the DLC-PDMS-h
coatings (in air) is the same as DLC films. The hardness of both materials begins to 
decrease first at 600°C. However, the non-stick properties disappear when these materials 
are heated to more than 450°C; this temperature limit is still much higher than melting 
temperatures of common polymers [11]. Interestingly, some DLC-PDMS-h coatings have
exceptionally low sliding angles of water (0.15±0.03º, measured with 20 l droplet of 
distilled water) [29]. Lower values for water sliding angles on solid surfaces cannot be 
found in the literature. So far, DLC-PDMS-h coatings have been applied as a protective 
coating of molds (SU-8 negative photoresist master, SU-8-50, Microchem Corporation, 
Newton, MA) used for preparation of PDMS electrospray chips used in electrospray 
ionization mass spectrometry. Due to the combination of hardness and non-stick properties 
of the hybrid coating, the lifetime of the SU-8 masters in PDMS replications was 
significantly prolonged. The DLC-PDMS-h film was also applied in matrix-assisted laser 
desorption ionization (MALDI) mass spectroscopy due to its high contact angle and good 
resistance to radiation damage [126]. Dynamic bacterial adhesion studies did not show 
any statistical difference between adhesion of staphylococci to DLC-PTFE-h as compared 
to Ti, Ta and Cr [127]. Interestingly, biofilm adhesion studies on DLC-PTFE-h showed
~50% reduction in staphylococcal biofilm adhesion as compared to Ti, Ta and Cr [25].
DLC-PDMS-h did not show increased or reduced bacterial adhesion in the planktonic or 
biofilm adhesion setups used [25, 127].

5.2 Implants

An implant is a medical man-made device used to replace a missing biological structure, 
to support a damaged biological structure or to enhance an existing biological structure. 
Biomedical biomaterials can be used as a bulk or as surface coatings in order to achieve 
proper functionality of the device at the implant-host interface and to offer its supportive 
properties. Bulk refers here to the main material mass of the implant, providing the 
mechanical properties to the implant. A surface coatings on bulk material is made from 
other material which improves surface interactions with surrounding tissues. A steel hip 
implant with gliding surfaces coated with DLC is an example of bulk and coating 
materials. Wide variety of implantable medical devices used for biomedical applications 
are available today: e.g. artificial hip and knee joint implants, fracture fixation implants, 
artificial heart valves and pacemakers, stents (cardiac catheters), ventilation supporting 
devices and urinary catheters. In the past few decades cosmetic implants have also become 
common in our society. Today implantable systems used for diagnosis and monitoring is 
the fastest growing area of implant research. In this thesis the applicability of FPAD-
produced DLC and DLC-p-h coatings in orthopedic medicine is evaluated.
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5.2.1 Orthopedic implants

Orthopedic implants are used for prevention or correction of injuries or disorders of the 
skeletal system and associated muscles, joints and ligaments. Orthopedic implants have 
been used for centuries. Orthopedic devices include not only prostheses to replace hip, 
knee and other joints but also a wide assortment of screws, pins, plates, and rods for 
stabilization of bone injuries and defects. The life expectancy and average weight of 
people have increased considerably. This means that there is an increase of load-bearing 
joints that need to be replaced by artificial implants and that implants have to last longer. 
The current focus is mainly on hip and knee joints but other joints and structures, such as 
spinal disks needs to be considered, too. The old age typically leads to bone loss and 
reduced bone density often resulting in osteoporosis. Together with impaired balance and 
propensity to fall, the old people have high risk of fall-related low-energy fractures. The 
other reasons for joint replacements are associated with diseases like osteoarthritis and 
other arthritides, which also are more common in elderly people. The number of hip and 
knee replacement surgeries has increased rapidly over the past decade especially in 
Organisation for Economic Co-operation and Development (OECD) countries. According 
to the Finnish National Institute for Health and Welfare (THL, Terveyden ja Hyvinvoinnin 
Laitos) report, there were 18000 hip and knee arthroplasty operations (primary and/or 
revision) in Finland in 2010. This number of operations in 2010 was approximately 50% 
higher than in 2000. The increase was approximately 28%  for hips and 85% for knees 
surgeries [130]. In average, in OECD countries the number of hip replacement surgeries 
increased by more than 25% between 2000 and 2009. The increase was even higher for 
knee replacement surgeries, nearly doubling over the past decade. In the United States, 
both hip and knee replacement surgery rates have nearly doubled since 2000 [131]. The 
most common materials used in hard tissue repairs are introduced in the following chapter.

5.2.2 Overview of implant materials in orthopedic applications

Metals
First biomaterials used in implants were selected based on their supportive and weight 
carrying features comparable to those of skeletal bones. Therefore, metals with their high
strength and elastic modulus, were the first choice for the replacement or augmentation of 
the bone tissues (Table 1). In modern medicine structural strengthening of bone using 
metals to assist fracture healing began in the nineteenth century, when common materials 
such as silver wires, iron nails, and galvanized steel plates were used to hold fragments of 
bone together [132] . Introduction of cytotoxicity studies in the 1920s and the 1930s led 
to a reduction in the number of metal types used in implants. The first metallic implant for 
hip replacement was introduced in 1940 and was constructed of CoCrMo alloy 
(Vitalium®) [133] . Co-30Cr-6Mo alloy and stainless steel (SS) became standard metals 
for large-joint replacement and internal fracture fixation. Both materials showed good 
biocompatibility and excellent structural properties. Though in recent years, the use of 
TAN (Ti6AL7Nb) alloy have increased because of Vanadium cytotoxicity [133]. Medical 
grade stainless steels were developed and standardized, including the most common
formulation applied today, AISI 316L. Components such as Ni, Co and Cr improved the 
mechanical and chemical properties of SS by alteration of its microstructure [134] . In Co-
Cr alloys, other elements were also applied, e.g. Ni, Si, Fe, Mn and W [134] . However, 
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while the strength of these metals reduces the risk of failure of the implant, their elastic 
moduli are an order of magnitude higher than those of healthy cortical bone (Table 1).

Table 1. Mechanical properties of cortical bone and materials currently used in hard 
tissue implants [135-137].

According to Wolff’s law, living bone must be under a certain amount of cyclic stress to 
remodel and stay healthy. If the stress distribution exerted by implant on bone is abnormal 
(too high or too low) it undergoes remodeling changes which leads to bone resorption or 
absorption. These changes may cause weakening and deterioration of the bone supported 
by the implant. This effect is called stress shielding and it can lead to peri-implant 
fractures. In addition to the mechanical strength, the chemical biocompatibility of SS and 
Co-Cr alloys allows formation of a passivating oxidation layer, which minimizes the 
amount of electrochemical corrosion of the implants. In corrosive environment, e.g. in 
vivo in the human body, metals tend to release ions to their surroundings. These ions can 
contribute to loosening of prosthetic implants [138, 139]. Even though corrosion has been 
minimized in SS alloys, some corrosion is always present and even small amounts of ionic 
alloy constituents can cause adverse effects. For example, nickel can cause toxic and 
allergic reactions and iron release can contribute to bacterial infections by acting as an 
iron source for bacteria [134]. After 1940 when titanium production became 
commercialized Ti-based materials started to replace SS and CoCr materials in majority 
of orthopedic implants. 

At the moment the optimal balance of mechanical properties of knee and hip implants with 
metallic components is achieved with either titanium alloys or cobalt-chromium based
alloys [33]. Ti alloys have high strength-to-weight ratio and comparatively low modulus 
of elasticity (half of that of SS and Co-Cr alloys). Titanium is also highly biocompatible. 
The most common titanium alloy used in orthopedic surgery is T318 (Ti-6Al-4V). This
alloy is stronger than pure titanium and has equally good biocompatibility [140]. Titanium 
has been shown to promote good bone apposition to its surface when it is implanted in 
bone, and porous surfaces have proven to be receptive to bone ingrowth. Neither of these 
features is equally present in ferrous or cobalt-based alloys. A major benefit of T318 alloy 
is that its modulus of elasticity is closer to cortical bone than that of SS or Co-Cr alloys,

Materials Tensile strength (MPa) Elastic modulus (GPa)
Metal alloy
Co-Cr alloy 655-1896 210-253
Co-Cr-Mo 600-1795 200-230
Ti-6Al-4V 960-970 110
Stainless steel 316L 465-950 200
Polymers
UHMWPE 21 0.5-1
PTFE 28 0.4
Ceramics
Zirconia 820 220
Alumina 300 380
Cortical bone 51-172 11-20
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which reduces stress shielding. These properties make Ti-based implants particularly 
suitable for implantation without bone cement which is used for the fixation of many other 
metallic implants, in part as an interface layer improving stress distribution to the bone. 
However, because aseptic implant loosening (“particle disease”) was first thought to be 
due to cement debris, non-cemented implants were produced also from surgical steel and 
Co-Cr. It has been reported that peri-implant bone around cementless stems is more 
resistant to osteolysis and mechanical failure than bone around cemented stems [33]. This 
observation led to preferential use of T318 over SS and Co-Cr alloys. However, the release 
of Al ions from Ti alloys might cause long-term health problems such as Alzheimer’s 
disease, but up to date there is no convincing evidence to support this hypothesis [141,
142]. On the other hand Co alloys have good rigidity, low abrasion and fretting compared 
to Ti alloys [143]. Fretting corrosion refers to corrosion at contact areas between materials 
under load that is subjected to vibration and slip causing a loss of the protective passivating 
oxide layer. The basic problems with these metal alloys are same as already described for
SS. High elastic modulus causes stress shielding and release of metal ions can cause a
wide variety  of adverse effects such as chronic inflammation, carcinogenesis, 
mutagenesis and cellular death [144, 145]. Especially high concentrations of cobalt metal 
ions can cause necrosis of all type of peri-implant tissues, including bone [146-148].
Recent results from clinical trials of Co-based orthopedic implants (hip resurfacing, MoM) 
showed 31.4% occurrence of pseudotumors in implanted patients. 27.3% of these 
pseudotumors were asymptomatic [107]. Pseudotumors can potentially contribute to loss 
of peri-implant tissues and pain.

Despite the aforementioned disadvantages of SS in relation to Ti and Co based alloys one 
commercial SS THR, The Exeter total hip replacement, is still widely used in THA [149].
The original Exeter THR was implanted using a first-generation cementing technique 
between 1970 and 1976. The results were excellent, although there was a subsidence at 
the cement-stem interface. There was almost no loosening at the cement-bone interface 
and a good preservation of the proximal medial bone stock. But because few cases of 
fracture of the neck of the prosthesis were reported, the metal was changed to AISI 316L
in 1976. Stainless steel based materials are widely used in orthopedics and traumatology 
in fracture fixation as medullary nails, plates, screws, pins, sutured and steel threads and 
networks, many of which are used only temporarily. High-nitrogen stainless steel was used 
from 1983 and in 1988 it was named “the Exeter Universal”, and it is widely used, 
especially in UK [150, 151].

The latest metal introduced as an orthopedic implant material is tantalum marketed as a 
Trabecular MetalTM. The benefit of tantalum is that it can be processed to form porous 
structures reminiscent of trabecular bone, providing a scaffold that could promote bone 
ingrowth. The mechanical properties of this metal depend on its porous structure, capable 
of providing mechanical support during the period of bony integration [152, 153]. In 
addition to its strong mechanical attributes, both in terms of initial stability and bone
fixation, tantalum has been shown to be virtually inert, provoking only a minimal tissue 
response [154]. This is due to the fact that at low temperatures (< 150 °C) tantalum is 
almost completely immune to chemical attack [134]. Trabecular MetalTM has been used 
clinically to supplement fixation in total knee and total hip arthroplasties when substantial 
bone loss had occurred [155, 156]. It also shows promise in repair of tendon insertions 
[157]. It should be noted that, in recent years, also a trabecular version of titanium has
become available for orthopedic implants [158, 159].
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Ceramics
Bone is a composite of the strong yet soft protein collagen and the hard brittle mineral 
apatite (e.g. calcium phosphate) which has similar properties to ceramics. Due to the 
essential inertness of ceramics, these compounds are the most biocompatible materials for 
bone repair and bone substitute applications. Ceramics, particularly alumina were first 
introduced as structural orthopedic material in the late 60’s [135]. Due to insufficient 
quality control of early phase manufacturing processes, some of first ceramic prostheses
were too brittle, what resulted in premature clinical failures [160-162]. When processing 
techniques and quality control improved at late 70’s, alumina and zirconia (ZrO2) became 
the most popular ceramic used in femoral heads assembled with a polyethylene cup in 
THA. More recently zirconia-toughened alumina composites have been developed to 
further optimize implant properties, e.g. to improve lifetime for bearing surfaces of total 
joint replacements [163]. Oxide ceramics are formed when a metal reacts with oxygen and 
releases large amount of energy after transformation to a very low state of energy. These 
inert oxide ceramics are hard and wear-resistant what helps to minimize particle-induced 
osteolysis. Ceramics have also excellent corrosion resistance and good biocompatibility 
[164]. Due to the absence of ion release, ceramics do not cause allergic reactions which 
occur when metallic prostheses are used [33]. This could be beneficial for patients that 
have allergies to metals used in prostheses. Nevertheless, ceramic implants failures have 
been reported (wear and fracture related) due to low bending strength and weak fracture 
toughness [134, 162, 165, 166]. Problems with most ceramics are often associated with 
ceramic-bone interface and the insufficient osseous integration of ceramic materials,
perhaps in part due to the high difference in elastic modulus of ceramics and bone (Table 
1) [167, 168]. Catastrophic failures of ceramic implants have also been reported [169,
170]. Squeaking or clicking of CoC bearings were recently reported as disadvantages of 
ceramic implants [171, 172]. In spite of these theoretical and practical problems associated 
with ceramic implants, the clinical outcome of CoC THA appears to be promising [173].
On the other hand, at least some ceramic materials are bioactive and designed to induce a 
reaction from the surrounding tissue. There are two general categories of bioactive 
ceramics: calcium-based, such as calcium phosphate, calcium sulfate and HA, and 
bioglass-based. An ideal bioactive ceramic would trigger and guide bone growth adjacent 
to the implant, promote its integration with bone and gradually biodegrade when growth 
of healthy bone tissue replaces the artificial implant structure. Calcium-based ceramics 
and bioactive glasses with capacity to fill bone cavities with tailored tissue responses can 
be used to replace large segments of bone that have to be removed because of an illness 
or injury.

Polymers
Acrylic-based monomeric methyl methacrylate (MMA) combined with poly(methyl 
methacrylate) PMMA and low viscosity dimethacrylate used for cross-linking are widely 
used in orthopedics [174]. The Judet brothers introduced PMMA as orthopedic material 
in 1947 and first prosthesis were made entirely of PMMA [175]. Because these early 
implants broke frequently their use was quickly abandoned. In 1960s PMMA became 
widely used in medical applications as a dental filling material and in ophthalmology for 
intraocular and contact lenses. In bone surgery, PMMA served as acrylic bone cement for 
implant fixation and as a filling material. PMMA bone cement was also started to be used 
as a filler material for osteoporotic bone. Acrylic bone cement has now been used for over 
50 years with a small change in its composition. 

Charnley introduced his low-friction arthroplasty in the late 1950s and in order to obtain 
a low fraction hip implant he selected Teflon® (PTFE) as biomaterial for the acetabular 
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component. The other materials used for this load-bearing purpose were high-density 
polyethylene (HDPE), polyester, polyoxymethylene (POM) and carbon fiber-reinforced 
polyethylene. All these materials failed in above discussed applications [135]. Fortunately
in 1960 advances in polymers manufacturing resulted to introduction of UHMWPE, a high 
density polyethylene. The UHMWPE played fundamental role in achievement of excellent 
long-term results of total joint arthoplasty. Today it is the most widely used tibial plateau
component in TKA and the most frequently used acetabular cup material in THA [33,
174]. The excellent performance of UHMWPE as an implant material is due to a
combination of superior wear resistance, high fracture toughness and biocompatibility 
[176]. In the past few years it was shown, that a relatively new material, highly cross-
linked polyethylene (HXLPE), reduced polyethylene wear in TKA and THA, but its 
clinical performance is still limited and controversial [33].

During the last decades, resorbable (biodegradable) polymer biomaterials have gained
much of interest [177, 178]. Biodegradable materials could be used as implants for trauma 
and bone surgery (pins, screws, plates, dowels, anchors, membranes, rods [179, 180]), as 
drug carriers [181, 182], in delivery devices for gene therapy [183] and to construct three-
dimensional porous scaffolds in various geometrical forms for tissue and organ substitutes 
and tissue-engineered implants [184]. So far, polyhydroxyacids are the most widely used 
resorbable polymer implant materials [178, 185]; the most common of these are 
poly(lactide-co-glycolide) (PLGA), poly(L-lactide) (PLA or PLLA) and polyglycolic acid 
(PGA).

5.3 Implant-related infections

The risk of implant-related deep infection is a significant factor limiting the use of 
implants. It also increases the costs due to revision operations [186]. Bacterial infections 
remain a common cause of implant failure [187, 188]. Approximately 45% of all 
nosocomial infections are biomaterial centered infections (BCI). The incidence of 
infections varies for each application, for instance 10-30% has been described for urinary 
catheters [189] and 1.6% (in years 2005-2009) for primary hip prostheses [190]. After 
revision surgery of the hip, the infection rates are much higher (2.7% vs 1.1%, 1 year 
surveillance from 2004 to 2005) than after primary operations [191, 192]. In BCI
microorganisms are present in close association with the biomaterial surface forming a 
biofilm. Species of microorganisms found in BCI are often commensals of the skin or the 
intestine, for instance S. epidermidis from the normal skin and Escherichia coli originating 
in the gut. These bacteria colonizing easily urinary tract and catheters are also found often 
in hip prosthesis infections [189]. Staphylococci represent up to two-thirds of all 
pathogens in orthopedic implant infections [193]
because the organisms have an ability to form small-colony variants and to grow in 

which protect them against host defense factors [194, 195]. Treatment of BCI is 
complicated, as microorganisms in a biofilm are more resistant to antibiotics [196] than 
their planktonic counterparts [197]. Infections involving orthopedic prosthetic devices are 
often catastrophic events leading to removal of the device and weeks of hospitalization. 
The clinical manifestations of infection may be insidious and related primarily to device 
dysfunction. An important factor regulating the lifetime of the implant is number of its
expositions to commensals and pathogenic microbes, in particular bacteria. Infection may 
arise from bacteremic seeding of the device, but most of these infections are introduced at 
the time of surgery by direct contact. Clinical implants may also become contaminated by 
microorganisms prior to placement of the implant, or may become colonized by bacteria 
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spread from a contiguous site, through the bloodstream or when natural barrier to infection 
are disrupted by the implant. The rate of infection related to surgery is affected by many 
variables: the presence of underlying disease, the type of surgery, the duration of the 
operation, previous surgery or infection at the site, surgical technique, and the composition 
of the material implanted [189].

Infection related to implants is a very serious and clinically challenging problem and the 
economic consequences associated with treating periprosthetic infections are substantial. 
According to the Finnish National Agency for Medicines (FIMEA), the rate of infection 
has been in a range of 0.2-0.4% for all primary THA operations in 1998-2007 [198]. In 
The United States it was estimated, that, if incidence of infection in revision surgeries 
continues to rise at the same rate as during last 20 years, the revisions of total hip and total 
knee arthroplasties may increase from 8.4% to 47.5% (THA) and from 16.8% to 65.5%
(TKA) in 2005-2030 [199]. Similar data for the incidence of infected revision surgeries 
(of hip or knee arthoplasty) in Finland is not available.

Implant infection begins when singular bacterial cell or aggregates adhere to plain or 
protein covered surface of biomaterial. This changes their phenotype into sessile and 
dormant microbes, which form bridging connections to each other and start to produce 
bacterial slime (extracellular polymeric substance, EPS) which is the main constituent of 
a biofilm. The presence of such inflammatory responses in the 
surrounding peri-implant tissues. Compared to acute purulent infections causing high 
fever and systemic symptoms, -associated infections may not cause such 
symptoms although they will contribute to implant loosening. Implant loosening is 
classified to two major forms: aseptic loosening (or biomaterial wear related particle 
disease discussed above) and septic (and usually culture positive) loosening. It is currently 
suggested that the proportion of septic loosening is higher than was earlier believed due 
to application of new methods facilitating  microbes detection, such as sonication of the 
retrieved implants and polymerase chain reaction (PCR) [200]. Significant virulence 
factors in implant-related infections include: microbe’s ability to adhere to abiotic 
implants surface, ability of microbes to produce biofilm and to withstand antimicrobial 
agents, host tissues and blood plasma coated implant surfaces, and host defense 
mechanisms. These factors together with quorum sensing (microbial communication with 
each other) contribute to the virulence of microorganism. Microbes that cause deep peri-
implant or implant centered infections have to be able to grow and multiply in rather 
hostile host environment. In particular, staphylococci, both S. aureus and S. epidermidis,
are examples of such highly virulent microbes. They can initiate an implant-related 
infection from a very low inoculum (low initial number of bacteria), even in otherwise 
healthy patient and tissue. Some bacterial infections require impaired systemic 
(immunocompromised) or local (implant surface, tissue injury, blood clot) host defense to 
propagate infection.

5.4 Cell adhesion

5.4.1 Protein adsorption

Protein adsorption is a very complex and dynamic process, which is driven by different 
protein-surface forces, including van der Waals, hydrophobic and electrostatic forces
(non-specific interactions). When a man-made material is brought in contact with a 
biological fluid (e.g. blood, lymphatic fluid) or cell culture medium, the surface initially 
encounters water molecules. They bind rapidly to the surface, establishing a thin water 
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layer [201]. The specific arrangement of water molecules depends on the biomaterial 
surface properties on atomic level. Surfaces with a weak tendency for binding water are 
termed non-wetting or hydrophobic surfaces, whereas wetting or hydrophilic surfaces
refer to opposite behavior. After the formation of the adsorbed water layer, which occurs 
within nanoseconds, hydrated ions such as Cl- and Na+ get incorporated. The specific 
arrangement of these ions and their water shells is strongly influenced by the properties of 
the surface [201, 202]. The wettability (hydrophilicity or hydrophobicity) of the 
substratum is generally considered as the most relevant surface parameter for protein 
adsorption [203-205]. Protein stability affects protein adsorption. From this point of view, 
proteins are often divided into two groups. They are called either soft proteins, which have 
a low internal stability, or hard proteins, which have a high internal stability. Stability 
dictates how easily proteins undergo unfolding during the initial adhesion.  Amount of 
protein that adsorbs on a given surface is higher when the surface is hydrophobic and this 
trend is observed independently on differences between individual proteins [204-206].
However, when encountering a hydrophobic surface, the protein may undergo unfolding 
accompanied by a loss of its adhesive properties. On a hydrophilic surface, the amount of 
protein that adsorbs is generally smaller, but the protein retains its biological folding
pattern. Protein adsorption to a surface occurs instantaneously, prior to bacterial and/or 
cellular adhesion. So even when cells, suspended in serum-containing cell culture 
medium, settle on a surface, that was originally not coated by proteins, cell attachment and 
spreading occur on top of the protein coating since adhesive proteins from the medium 
have adsorbed to the surface within seconds, before the cells. In vivo these proteins 
originate from blood, tissue fluids and extracellular matrix (ECM). ECM, is a non-
cellular, complex multi-component mixture consisting of (glyco)-proteins, carbohydrates, 
low-molecular-weight compounds, electrolytes and water [202].

5.4.2 Human and animal cells adhesion

Cells do not interact directly with the bare surface of the biomaterial. Instead, they bind to
pre-adsorbed layer of plasma proteins or proteins present in cell culture fluid. The cells 
themselves also secrete molecules such as fibronectin, collagen and fibrinogen [202], their 
“normal” binding partners. Thus, the initial, preliminary and nascent matrix is gradually 
more and more replaced by self-made ECM-like substance, which enable long-term 
survival and near normal homeostatic cell-ECM signaling. 

The early phase of molecules accumulation at the solid-liquid interface on surfaces is 
called “a conditioning film” [186]. Some type of protein-mediated adhesiveness of the 
surface for fluid phase proteins is the first prerequisite for cytocompatibility and 
determines the behavior and compliance of an in vitro surface in a physiological 
environment. While nonspecific interactions with proteins are only short reached, the 
specific interaction between surface molecules and cell receptors which stick out of the 
cell membrane by at least 20 nm [207, 208] and may occur even before the cell membrane 
get into closest possible apposition [209]. Attachment and spreading of cells on protein-
coated surfaces is a complex and versatile process. Specific receptor-mediated interactions 
with surface immobilized soft and hard proteins are necessary to provide mechanically 
stable substrate anchorage [202]. Thus, attachment and spreading of cells on a surface of 
biomaterial are critically dependent on the presence of adhesive proteins in the 
surrounding fluid and on the ability of the surface to adsorb proteins. Animal plasma and 
serum contain several proteins that are easily adsorbed on biomaterials and thus making 
them adhesive to cells. One of the most important proteins in this context is the serum 
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spreading factor, a plasma/serum protein vitronectin that was named after its ability to 
make in vitro surfaces adhesive (vitro + nectere; with nectere being the Latin word for “to 
connect”). When a cell suspension is allowed to settle on a biomaterial surface at the fluid 
phase-biomaterial bulk interface which is coated with some adhesive proteins, e.g. after 
pipetting the cells into wells or plates containing non-coated or coated biomaterial 
samples, the cells first have to get close to and into contact with the surface by 
sedimentation. After the first molecular contacts between substrate-immobilized proteins 
and the corresponding receptors on the cell surface have been established, the cells starts 
to actively spread out accompanied by an extension of their contact surface area. 
Formation of first adhesive contacts of an essentially spherical cell is generally referred to 
as attachment or adhesion. This initial adhesion to and spreading of the cells on the 
provisional matrix allows time for the adherent cells to produce extracellular matrix 
proteins for the strengthening of the adhesion, reorganization of the cytoskeleton and for 
more mature cell-ECM signaling.

The cytoskeleton of eukaryotic cells is composed of microfilaments (protein actin) and 
microtubules (protein tubulin) [210]. After the initial adhesion to the biomaterial the 
arrangement of these proteins can be used to evaluate the cells ability to attach on different 
biomaterials. In order to adhere to ECM cells use focal adhesions and variety of 
extracellular proteins and cellular integrin and non-integrin receptors [211]. Focal 
adhesions are adhesive and signaling junctions which integrate intracellular actin stress 
fibers via transcellular integrin and non-integrin receptors with ECM. These focal 
adhesions consist of numerous different proteins which participate in the organization of 
the adhesion complex on the cytoplasmic side and on cell membrane site directly 
contacting the implant surface. After this initial adhesion phase a shift from the usage for 
binding of plasma proteins to ECM proteins occurs and also a similar shift in the usage of 
focal adhesions. Several different intracellular, transcellular and secreted extracellular 
matrix proteins are considered to contribute to the subsequent maturation of the cellular 
adhesion and migration [212]. A comprehensive mechanistic explanation is, however, not 
yet available. Nonspecific or specific interactions along the periphery of the contact area 
could lead to a continuous extension of cell substrate contact area. This will be 
counteracted by molecules in the membrane that have no affinity for surface-immobilized 
ligands but require space and, thus, act as steric blockade. In a random process new 
adhesion sites may form, and when they are stabilized by further cell–surface interactions, 
they will persist. Otherwise steric repulsion may lead to a detachment from this contact 
site. The attached cell may extend its contact area and change its place on the substrate 
surface also by actively migrating and sending out cell membrane protrusions that are 
either called lamellipodia, when they are area/sheet-like, or filopodia, when they are 
finger-like extensions at the advancing edge of the migrating cell [201, 213].. The 
adhesion influences the cell shape and its capacity to proliferate and differentiate and vice
versa the life cycle of the cell will change adhesion. During mitosis and cytokinesis (i.e., 
division of the cell body into two daughter cells), substrate contacts will be loosened again 
and the cell will regain a spherical morphology in order to divide. The distance remaining 
between cell membrane and biomaterial substrate is a matter of debate. Some authors 
report that in focal contacts the membrane gets as close as <10 nm from the surface [214].
The average cell-substrate separation distance (averaged along the entire contact area) is 
generally reported to be between 25 and 150 nm [215-217], dependent on the cell type, 
protrusions type (filo- or lamellipodia) and the coating of the substrate surface. The narrow 
space between the cell and substrate contains at least proteins and carbohydrates, which 
are found in the extracellular matrix. 
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The proteins and cells interact with each other forming a two- or three-
network that plays a crucial role in tissue homeostasis, mechanics and functionality. In 
connective tissue collagen fibers form a 3D-network giving tensile strength. Collagen 
fibers are embedded in proteoglycan-rich ground substance. Thus, from this biological 
perspective the interactions of cells with biomaterial surfaces within the organism are 
critically important for both the cell and the organism. Even though some general 
correlations between the physico-chemical properties of a given surface and its 
performance as a support for cell adhesion and growth have been established, there is no 
in-depth understanding of which surface features influence which cellular functions [202].

Eukaryotic cells (and bacteria) secrete various molecular components destined for 
extracellular deposition. Eukaryotic cells synthesize components of extracellular matrix 
in their cytoplasm and secrete them via exocytosis. Furthermore, adherent cells produce 
special adhesion structures described above, known as focal adhesions. Even after 
cleaning of the biomaterial surface these focal adhesions leave acellular remnants on 
surfaces. These remnants can be referred as cellular “footprints”. In recent years, ToF-
SIMS method which is used to study surface of protein-based materials can be used as a 
probe to characterize the composition and amount of these remnants [218]. In Paper V 
ToF-SIMS is utilized to quantify relative amounts of proteins on the tested biomaterials 
after cleaning the cell growth surfaces.

5.4.3 Bacterial adhesion

Prokaryotic cell adhesion is equally complicated as eukaryotic cell adhesion and it is also 
influenced by many factors including bacterial properties, material surface characteristics 
presence of serum proteins and flow conditions. Cytocompatible surfaces are also 
favorable for adhesion, growth and the biofilm formation of microbes. Besides the effect 
of directly anti-bacterial materials, little is known about how material properties influence 
bacterial adhesion. The adhesion may be affected by the biomaterial properties including
topography (roughness, patterning), wettability (surface energy), electrical (charge),
mechanical, physical and chemical features. Bacterial and eukaryotic cell have different 
mechanisms of adhesion. Bacteria utilize adhesins, present in extracellular polymeric 
substance (EPS), as adhesion molecules that bind to adhesin receptors on host cells or
conditioned (or non-conditioned) implants [219]. Eukaryotic cells use intergrin (and non-
integrin) receptors and focal adhesions to bind to ECM. In vivo, bacteria adhere to 
conditioned implant surface which is already coated by host proteins. Once a surface has 
been conditioned, its properties such as hydrophobicity are often permanently altered;
therefore the affinity of a microorganism for a native and a conditioned surfaces can be 
quite different [220, 221]. Initial adhesion between bacteria and non-living surfaces is 
usually mediated by non-specific interactions and normally referred to as early or initial 
phase. This reversible and non-specific initial phase of bacterial adhesion involves 
physicochemical forces such as van der Waals attraction, gravitational forces, surface 
electrostatic charge and hydrophobic interactions [222]. Initially bacteria are attracted to 
the surface with nonspecific long-range interactions (distances >50 nm) which are a 
function of the distance and free energy (van der Waals forces, electrostatic interactions). 
Short-range interactions such as chemical bonds (e.g. hydrogen bonds), ionic and dipole 
interactions, and hydrophobic interactions become effective with closer contact to the 
surface (<5 nm) [222]. The initial phase can be described as reversible attachment while 
the late irreversible phase involves firmer adhesion with the surface through molecular 
interactions between bacterial surface structures and conditioned substrate (biomaterial) 
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surface. Specific interactions of the receptor-ligand type occur in the second phase of 
adhesion. Adhesins are glycoproteins, glycolipids (e.g., lipopolysaccharides),
polysaccharides or extracellular DNA (eDNA) of the bacterial cell capsule. In particular, 
polysaccharides play a major role in bacterial adhesion since many bacteria are surrounded
by capsules and slime that are predominantly made of polysaccharides. It has been found 
that many proteins that are adhesive for animal cells also mediate adhesion of bacterial 
cells, including fibronectin and vitronectin. Functional adhesins in the EPS bacterial 
capsule make specific and firm connections with the surface (especially when the substrata 
are host tissues) in this time-dependent phase which involves molecular and cellular 
interactions [223, 224]. In addition to specific binding, bacteria may interact 
nonspecifically with inorganic substratum elements by charge or hydrophobic interactions
[186]. Once bacteria have got irreversibly attached to the surface and to each other, 
maturation of the biofilm begins. In vivo, all implant surfaces are “available” for both 
bacterial and tissue cell adhesion. When implant favors bacterial adhesion, less host tissue 
cells adhere to it and vice versa. This “race for the surface” concept was introduced by 
Gristina in 1987 [225]. It is known that implant surface properties: surface chemistry, -
wettability, -charge and -topography (roughness, micro- and nanotexture) along with 
possible antimicrobial effects may affect outcome of this “race for the surface” but exact 
interpretation is still largely unknown.

Adhesion of bacteria can be evaluated in vitro using static and dynamic bacterial assays. 
In these assays, a surface is overlaid or overflown with a suspension of bacteria for a 
predetermined period of time. Bacteria are either visualized in real time or non-adherent 
bacteria are separated by rinsing or centrifugation and the bacteria adhered to substrate are 
counted and visualized [222]. The remaining bacteria can be investigated by many 
methods: 1) microscopy for counting and morphological visualization of adherent bacteria 
(light-, image-analyzed epifluorescence-, scanning electron-, confocal laser scanning- and 
atomic force microscopy), 2) viable bacteria counting methods (“Colony Forming Unit” 
(CFU) plate counting, radiolabelling and staining) and 3) direct and indirect methods like 
spectrophotometry, Coulter counter, ToF-SIMS and biochemical markers. Host tissue cell 
adhesion is evaluated using static in vitro cell growth assays. Cells are seeded with desired 
density on tested substrate material and incubated predetermined period of time. There are 
numerous assays to probe cellular adhesion and behavior. Cell morphology can be 
evaluated by similar microscopy techniques as for bacteria. Because cytoskeleton of all 
eukaryotic cells is composed of microfilaments (protein actin) and microtubules (protein 
tubulin) these are considered to be the most relevant probes when cell adhesion, spreading
and proliferation of these cells are studied. The cytoskeletal proteins are studied with
different microscopy techniques by staining cell components with different staining 
protocols. For assessment of eukaryotic cell contact with a material and adhesion, proteins 
of focal adhesions are stained and visualized by microscopy.

5.5 Osteogenic differentiation of human mesenchymal stem cells

Human osteogenesis refers to differentiation and development of bone tissues from human 
mesenchymal stem cells (hMSC). hMSC cultured in osteogenic media develop into 
osteoblast-like cells, which however do not form real trabecular bone in vitro.  To induce 
osteogenesis, an osteogenic cocktail composed of -glycerophosphate 
and ascorbic acid (vitamin C) are commonly used [226]. Good cellular adhesion of hMSC 
to culture substrate via focal adhesion promotes ECM-cell signaling favoring osteogenesis 
[227]. It is also shown that low-number seeding of hMSCs favors osteogenesis [228, 229],
whereas high-number seeding favors adibogenesis [228, 230]. Human MSCs must have 



  35 
 
enough space to adhere, spread and exert tension in their cytoskeleton on the cultured 
surface to initiate so called mechanoinduction, which is an additional or additive stimulus 
promoting chemically-induced osteogenesis [231].

In addition to hMSC seeding number, mechanoinduction is favored also by biomaterial 
substrates allowing strong adhesion and stress fiber contraction [232]. Thus, the bone 
compatible Ti surface is often used in bone implants to facilitate osseointegration [233].
On the other hand, in some applications such as surgical screws, plates and pins destined 
for temporary use and subsequent removal after fulfilled function, osseointegration might 
cause problems. If very well fixed, the enclosing bone must be chiseled away and brute 
force may be necessary for implant removal. This might cause iatrogenic fractures of bone 
enclosing the implant. Similarly in growing children, fixation of implants to bone can
cause problems, which often leads to implant removal [234]. Therefore, for some 
applications of biomaterials or surface coatings inhibiting bone formation and 
osseointegration might be necessary. It was therefore hypothesized that biomaterials, 
which are poor substrates (poor adhesion and insufficient mechanoinduction) for hMSCs 
would not favor osteogenesis as compared to more bone friendly materials.

Adhesion of cells, including hMSCs undergoing osteogensis, is mediated by focal 
adhesions. These are adhesive and signaling junctions which integrate intracellular actin 
stress fibers via transmembrane integrin and non-integrin receptors with extracellular 
matrix. Focal adhesions can be analyzed by using phalloidin-based fluorescence staining 
and vinculin staining. Vinculin is one of the many proteins participating on the 
organization of the adhesion complex on the cytoplastmic side of the focal adhesion [235,
236].

Osteogenesis is a dynamic process evolving over time. Thus, differentiating hMSC can 
express early, intermediate and later biomarkers, indicating stage of differentiation. First, 
progenitor cells must lay down the main protein component of bone tissue, which is type 
I collagen. This early stage of osteogenesis is characterized by high level of COL1A1 gene 
expression. Collagenous matrix forms the organic component of bone tissue, which has to 
undergo mineralization. This process is associated and mediated by bone alkaline 
phosphatase (AFOS) used as an intermediate marker indicating initial phase of 
mineralization. Finally, calcium-binding proteins such as osteopontin, a calcium binding 
glycoprotein, participating in the later phases of mineralization can be used as a later 
marker of osteogenesis [237]. Mineral stains used to label HA, the main bone mineral are 
even more reliable marker of successful precipitation of calcium-phosphate salts [238].

The process of bone formation is evaluated by RT-PRC, colorimetric assays and direct 
staining of matrix components. Common osteogenic markers are: high-motility-group box 
9 (SOX9), COL1A1, runt related transcription factor 2 (RUNX2), osterix (OSX), ALP,
Mothers against decapentaplegic homolog 1 (SMAD1), bone sialoprotein (BSP), OP and 
osteocalcin (OC). Markers used in this thesis are bolded in text. Adhesion of cells to 
surface is monitored by staining vinculin and actin at different phases of osteogenesis. A
positive HA staining confirms production of the main bone mineral and at the same time 
fulfillment of osteogenesis.
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6. AIMS OF THE STUDY

The main aim was to optimize FPAD method for production of high quality DLC and 
DLC-p-h coatings and to evaluate these coatings potential for biomedical applications.
This included the improvement of FPAD method to achieve maximal adhesion and the 
biocompatibility assessment of FPAD produced high quality DLC and DLC-p-h coatings.

The greatest methodological challenge has been to achieve a good adhesion of thick and 
high quality DLC coating to substrate material due to the high internal stresses involved 
in produced coatings. These stresses normally lead to delamination of high quality DLC 
coating from the surface of substrate material. Various methods have been tried to relief 
these stresses (e.g. adding impurities, heat treatments, stress relieving intermediate layers, 
see section 5.1.2). However these methods have led to a decrease in coating performance. 

1: The first aim of the work was to improve the production method in order to produce 
thick high-quality DLC coatings with maximum adhesion to the substrate.

DLC coatings are shown to be biocompatible and suitable candidates for applications in 
various biomedical devices and implants due to their unique properties such as hardness, 
chemical inertness etc.  However, most studies have neglected the potential susceptibility 
of DLC coatings to bacterial adhesion, which is the first step in the development of 
implant-related infections after surgery.

2: The second aim was to compare bacterial adhesion to DLC with bacterial adhesion to 
commonly used biomaterial (surgical steel -AISI 316L) using typical serum-free testing 
conditions.

A new group of DLC-based materials was invented in the Diamond Group, namely DLC 
polymer hybrid coatings. These materials combine the properties of diamond and chosen 
polymer. Preliminary evaluation of these DLC-p-h coatings suggested that they have 
exceptional dirt repelling properties (hydrophobicity and oleophobicity) what led to an 
idea that they could be used as antifouling (bacteria repelling) coatings in medical 
applications. 

3: The third aim was to analyze bacterial (staphylococcal) and human cells (CACO-2) 
adhesion to DLC-PTFE-h coatings.

4: The fourth aim was to analyze adhesion of human mesenchymal stem cells and 
osteoblastic cells to DLC-p-h coatings.

We have made an observation (Aims 3 and 4) that epithelial CACO-2 cells adhered well 
to PLC-PTFE-h, but hMSC, hOBs and Saos-2 cells did not spread well on DLC-PDMS-h
substrate and that some cells underwent apoptosis followed by secondary necrosis of the 
apoptotic bodies. This led us to a hypothesis that osteogenesis, involved in 
osseointegration, might be impaired on DLC-PDMS-h, indicating applicability of this 
coating for implants destined for temporary use (e.g. bone screws, fixation plates, spacers). 

5: The fifth aim was to study osteogenic differentiation on DLC-PDMS-h surface.
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7. MATERIALS AND METHODS

7.1 Substrate materials (I-V)

As a coating substrate material, semiconductor grade, single crystal silicon wafers
(Okmetic Ltd, Vantaa, Finland) were used (I, III-V). In Paper I, the wafers with two 
different crystal orientations <100> and <111> were used and in Papers III-V the wafers 
with only one (<100>) orientation were applied. Exception was made purposefully in
Paper II, where 76 mm x 26 mm x 1 mm microscope glass slides were used as a substrate 
material in order to adapt to the dynamic bacterial adhesion chamber dimensions. For 
Paper IV the substrates were also modified, they were roughened to acquire final coating
roughness Ra values of 1-10 nm, 100 nm and 1000 nm. Diameter of the silicon wafers was 
150 mm with 2 different thicknesses, 0.68 mm (I) and 0.5 mm (III-V).

7.2 Coating of substrate materials

7.2.1 Cleaning of substrate materials (I-V)

Before inserting samples into the deposition chamber they were cleaned in ultrasonic
washer (L&R® Solid State/Ultrasonic T-14B, Kearny, NJ) in two steps, first in acetone 
(Acetone HP, Shell Dimethyl Ketone HP, Tamro Oyj, Vantaa, Finland) and second in 
ethanol (Ethanol Anhydricum Aa, Berner Oy, Helsinki, Finland) At the beginning of each 
deposition process contaminants and surface oxide layer were removed in vacuum with 
argon sputtering (SAM-7KV, Minsk, Belarus). In Paper I argon sputtering was not always 
applied and in selected samples where oxide reduction was achieved with high energy 
FPAD unit. The initial vacuum chamber pressure was 10-4 Pa and during the argon 
sputtering vacuum chamber pressure was decreased to 10-2 Pa. The purity of argon was 
99.999% (Instrument Argon 5.0, Oy AGA Ab, Espoo, Finland). Sputtering voltage was 5-
6 kV and current was 25-30 mA. During the argon sputtering all samples were rotated to 
obtain uniform sputtering results. All deposition processes were continued directly after 
the argon sputtering without breaking the vacuum.

7.2.2 Diamond-like carbon and diamond-like carbon polymer coatings (I-V)

All DLC and DLC-p-h samples were prepared with FPAD devices developed in our 
laboratory. In FPAD method the carbon plasma is emitted from the graphite cathode 
surface by igniting a vacuum arc at the cathode. This ignition plasma short circuits the 
cathode and anode leading to a discharge of the main capacitor banks which accelerates 
the generated carbon plasma. Plasma is steered towards the sample with a magnetic field 
generated by the discharge current of main capacitors in a 90 degrees curved solenoid. The 
curved solenoid filters neutral atoms and graphite particles emitted from the cathode. A
high-purity graphite cathode (>99.9% C, Carbone Lorraine, Paris, France) was used, for 
the setup presented in Figure 2. Deposition of DLC coatings was done in two steps. First, 
an adhesion layer was deposited using high plasma energies. Second, the high quality DLC 
coating was then deposited using low energy FPAD system. The system configuration, 
parameters and other characteristics are described in detail elsewhere [54, 239]. To 
produce DLC polymer hybrid coatings a modified FPAD was used where desired polymer 
was added to the cathode. The graphite-polymer cathodes were constructed so that the 
carbon plasma generated by the arc discharge could evaporate and sputter the polymer,
thus enabling the deposition of DLC-p-h films. The FPAD process runs in a high vacuum 
chamber (initial pressure 10-4 Pa). The high vacuum is achieved by first using rotary 
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vacuum pump (E2M40, Boc Edwards, UK) to reach a pre-vacuum of 10-1 Pa followed by  
application of oil diffusion vacuum pump with liquid nitrogen cold trap at pump intake
(VHS-6, Varian Vacuum Technologies, MA) to bring vacuum to 10-4 Pa.

a) Diamond-like carbon coatings (I-V)

High energy unit

The adhesion layer is deposited with a high energy unit which deposits carbon ions at 
energies >2 keV. This ensures oxide reduction and sufficient coating-substrate adhesion.
In the high energy unit the cathode had 3.8 mm diameter and the anode, an 11 mm thick 
ring, had 30 mm outer diameter. Its center cavity was chamfered suppressing towards the 
exit hole of 16 mm in diameter. The anode–cathode distance was 20 mm. The anode–
cathode voltage was 5-6 kV and the current rise rate was 3.6x109 A/s what corresponds to 
ion energy of 2 keV [240]. A capacitor with C= and pulse frequency of 1-2 Hz was 
used. 

Low energy unit

After deposition of adhesion layer with high energy unit, without breaking the vacuum,
the low energy unit is used to produce high quality DLC coatings. The system operates in 
pulses at 1-7 Hz repetition frequency. Plasma is steered towards the sample with a 
magnetic field generated by the arc discharge current in a 90 degrees curved solenoid 
(L=3-10 H). Other low energy unit parameters were: voltage U=0.5 kV, solenoid L=20

H, and tuning resistor R=

b) Diamond-like carbon polymer hybrid coatings (III-V)

To produce DLC polymer hybrid coatings a modified FPAD unit with graphite cathode is 
assembled with pure industrial grade polymer: PTFE tube (Irpola Oy, Turku, Finland) or 
a PDMS tube (Irpola Oy, Turku, Finland). Coating process was terminated when vacuum 
chamber pressure decreased to less than 10-2 Pa due to evaporated polymer molecules and 
emitted gases present in the deposition process. System parameters: pulse frequency 1-20
Hz, main capacito and 
accelerating capacitor voltage U=1.0–4.0 kV. Such produced hybrid coatings were DLC-
PTFE-h and DLC-PDMS-h coatings respectively.

7.2.3 Metals (I-III, V)

Before deposition of metals the substrates were cleaned and argon sputtered as described 
earlier in section 7.2.1. Metal samples were sputtered with magnetron sputtering device 
(AJA International A320, North Scituate, MA). Surgical steel (AISI316L) and titanium
were used as deposited materials. For Paper II, a tantalum adhesion layer was also 
sputtered on microscope glass slides to ensure sufficient adhesion of DLC coating. Metal 
cylinders of 2 inches diameter were sources of materials (> 99% purity, SCI Engineered 
Materials, Columbus, OH). The surface of cylinder was bombarded with argon ions what 
resulted in release of the material to the deposition chamber where samples were coated
with the material used as a source. The following system parameters were applied: Voltage 
460–580 V, beam current 0.2–1.2 A and chamber pressure was 10-3 Pa and 99.999% pure 
argon was used as a working gas (Instrument Argon 5.0, Oy AGA Ab, Espoo, Finland).

7.2.4 Other materials
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In Paper III, semiconductor grade single crystal silicon 4x4 mm samples (Okmetic Ltd,
Vantaa, Finland) was used as a reference material. In Paper IV, surfaces of PS 8- and 24-
well plates (Nunc, Roskilde, Denmark) were used as a control material. In Paper V PS was
also used as a negative control in cytotoxicity test.

7.3 Coating-substrate adhesion testing (I, IV)

7.3.1 The single crystal silicon wafer test (I)

This test was performed by coating a silicon wafer with DLC. When the quality of the 
DLC coating is high and the adhesion between the coating and the silicon substrate is 
optimal and sufficient, the silicon surface, and sometimes even the whole wafer, is 
destroyed due to the internal stress in the thin DLC layer. The analysis can be performed 
simply by visual inspection. With this method, the quality of the DLC can also be 
determined by inspecting the thickness of the coating peeling off with the substrate. For 
example, layer of 0.5 m of high quality DLC (sp3 fraction 85%) breaks the {1 0 0} silicon 
surface if the adhesion is sufficient [37].

7.3.2 The 180° back peel test (IV)

The back peel test was performed by attaching the sample firmly to a table. The force 
needed to peel off the tape (pressure sensitive Scotch tape; 3M, St. Paul, MN) was 
measured when its free end was bent over and pulled parallel with the tape, which was 
still attached to the substrate (back side on back side). The force was measured with a 
calibrated spring scale using a metallic rod adapter to distribute the forces evenly on the 
tape. The adhesion was measured between the coating and the tape, not between the 
substrate and the coating. This procedure is similar to the one described in the ASTM 
D3330 standard.

7.4 Material characterization (I-V)

7.4.1 Composition

ESCA (I)
Composition of DLC coatings and substrate-coating interfaces were analyzed with ESCA.
ESCA analyses were performed by a commercial provider (ESCA-laboratory, Laboratory 
of Forest Products Chemistry, Aalto University, Helsinki, Finland). They used KRATOS
Analytical AXIS 165. Mon for both low 
(binding energy range 0–1100 eV) and high resolution scans. At least three measurements 
per sample were performed (measurement area 1 mm2/spot). The binding energy scale was 
corrected using O 1s signal as a reference point.

ToF-SIMS (V)
ToF SIMS was used to characterize cellular footprints but this analysis also gave insight 
to the composition of DLC-PDMS-h coating material. Positive and negative static ToF-
SIMS measurements were performed using a ToF-SIMS V spectrometer® (ION-TOF 
GmbH, Münster, Germany). Samples were irradiated with a pulsed 25 keV Bi+ liquid-
metal ion beam. The beam was electrodynamically bunched down to 25 ns to increase the 

2 area. The primary ion dose density 
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(PIDD) was kept at 5x1011 ions/cm2, ensuring static conditions. Signals were identified 
using the accurate mass and their isotopic composition.

7.4.2 Topography, surface morphology and roughness

Topography and arithmetical mean surface roughness (Ra) of the samples were analyzed 
with 2D stylus profiler (I-V), Sloan Dektak IIa profiler (Veeco Instruments Inc., Santa 
Barbara, CA). In Paper IV surface morphology was also characterized by environmental 
scanning electron microscopy ESEM (XL30 ESEM TMP, FEI Company, Brno, Czech 
Republic). Additional Ra values of rough (Ra 1000 nm) samples were determined using 
a Mitutoyo Surftest SJ301 roughness tester (Mitutoyo Corp. Kawasaki, Japan) and matt 
and smooth (Ra <1000 nm) samples using an XE-100 AFM (Park Systems, Suwon, 
Korea).

7.4.3 Wettability measurements

Contact angle (II-IV)
Two different custom-made apparatuses for measuring contact angles were used. In Paper 
II and III static contact angles were measured with an apparatus consisting of CCD-video 
microscope, prism, and stand including a tiltable plane. Pictures taken with CCD-video 
microscope were analyzed with image-processing software (UTHSCSA ImageTool, San 
Antonio, TX). Distilled water 2 (II) and 20 droplets were used. Accuracy of 
this sessile drop method was 1°. In Paper IV the water contact angles of the samples were 
measured using apparatus based on an optical microscope (SZ-PT Olympus, Tokyo, 
Japan) equipped with an digital camera (Olympus Camedium C-3030ZOOM, Olympus 
Corp., Tokyo, Japan). The images with droplets were analyzed with image analysis 
software GIMP (www.gimp.org) to determine the contact angle from the shape geometry 
of the drop. The water used for the measurements was distilled and deionized by a water 
purification system (Milli-Q Plus Millipore, Billerica, MA). Prior to contact angle 
measurements, sample surfaces were cleaned ultrasonically in ethanol for 2 min, then 
rinsed ultrasonically in purified water for 2 min and finally dried. Droplet size of 15
was used.

Sliding angle (III, IV)
The sliding angles were measured with a purpose-built apparatus consisting of a CCD 
video microscope, a prism and a precision (accuracy ±0.5°) goniometer [29]. The sliding 
angle defines the critical angle at which a droplet begins to slide down on an inclined 
plane. The sliding angle measurements were conducted immediately after deposition of
20 and 40 distilled water droplets. Sliding angles were measured with the same 
apparatus as the contact angles described earlier.

7.5 Preparation of samples and cells for bacteria and cell experiments (II-V)

7.5.1 Sample cleaning

Coated and uncoated surfaces were sterilized with ethanol (Ethanol Anhydricum Aa, 
Berner Oy, Helsinki, Finland) before microbial adhesion, proliferation and osteogenic 
differentiation experiments. In the Paper V the samples were also gamma irradiated with 
26±3 kGy (the source was calibrated according to ASTM 1026-95 Standard Method for 
Adsorbed Gamma Radiation Dose in the Fricke Dosiometer, ASTM International, West 
Conshohocken, PA) to ensure absolute sterilization before the experiments.
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7.5.2 Bacterial strains, growth media, cultures and stimulations

Total of nine different bacterial strains were used in this thesis studies. Four different S.
epidermidis strains, HBH276, 236 and 3294 in Paper II and ATCC 35984 in Paper III. All 
S. epidermidis strains were cultivated in TSB. Two different S. aureus strains were used:
7323 in Paper II and ATCC 25923 in Paper III. S. aureus 7323 was cultured in Todd 
Hewitt broth (OXOID, Basingstoke, England) and S. aureus ATCC 25923 in TSB. Two 
Pseudomonas aeruginosa (ATCC 19582 and 6354) and one Streptococcus salivarius
GB24/9 strains were used in Paper II. Pseudomonas was cultured in nutrient broth 
(OXOID, Basingstoke, England) and Streptococcus in Todd Hewitt broth.

In Paper II bacterial stocks (from -80°C) were thawed and plated on blood agar plates. 
Single colonies of bacteria from agar plates were used to inoculate 10 mL of medium for 
overnight growth. The precultured bacteria were used to inoculate 200 mL of media and 
maintained the growth for 16-hours at 37°C. Bacteria were harvested by centrifugation at 
6500g, washed three times with demineralized water and suspended in 200 mL PBS (10 
mM potassium phosphate, 150 mM NaCl, pH 6.8) at a cell density of 3x108 mL-1. Final 
density was measured by using Bürker-Türk counting chamber and diluting the bacterial 
suspension to desired cell density. In Paper III Staphylococci were cultured overnight in 
TSB at 37°C. After culturing, bacteria were harvested by centrifugation at 4500g (at 22°C)
and washed three times with PBS. Bacteria were then suspended and diluted in PBS to the 
density of 108 CFU/mL, which was confirmed using plate counts of serial dilutions. Such 
obtained bacterial suspensions were incubated on surfaces for 90 min at 37°C to allow 
adhesion.

7.5.3 Cell cultures and osteogenic induction

Human colon carcinoma cells, Caco-2 (III)
Human intestinal adenocarcinoma cell line Caco-2 (ATCC HTB37) cells were cultured in 
24-wells PS (Becton Dickinson Labware, Franklin Lakes, NJ) using RPMI-1640 medium 
(Cambrex Bio Science, Verviers, Belgium) containing 2.2 mM L-glutamine, 10% FCS, 
100 IU/mL penicillin, and 100 g/mL of streptomycin. Cells were grown to 80% 
confluency in humidified 5% CO2 at +37°C. Trypsin was used to detach cells between
passages.

Human osteosarcoma cells, Saos-2 (IV-V)
In Paper IV human osteosarcoma Saos-2 cells (ECACC, Salisbury, Wiltshire, UK) were 
grown in DMEM supplemented with 10 vol. % heat-inactivated FBS, 500 UI/ml penicillin 
and 0.1 mg/ml streptomycin. Cells were maintained at 37ºC in 5% CO2 in a humidified 
incubator. In Paper V Saos-2 cells (ECACC 890500205) was used. Saos-2 cells were 
seeded in density of 105 cells/ml and incubated for 24 h at 37°C in medium (DMEM, 10%
FBS, 1% L-glutamine, 1% Pen-Strep, Life Technologies, Grand Island, NY).

Human primary osteoblasts, hOBs (IV)
Human osteoblasts (hOBs) were obtained from human bone specimens which were 
aseptically collected during orthopedic knee surgery. Primary cultures were prepared from 
trabecular bone samples obtained from 15 different patients (age 70–80 years) as follows.
Bone samples were minced into 0.5–1.0 cm2 pieces and washed in PBS to remove adherent 
bone marrow cells. The fragments were seeded into 25 cm2 tissue culture flasks, cultured 
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in DMEM containing 15% FBS, 500 IU/ml of penicillin, and 0.1 mg/ml of streptomycin, 
and incubated in a humidified atmosphere with 5% CO2 at 37°C. Media were changed 
twice a week until a confluent cell monolayer was obtained (4–6 weeks). Confluent cells 
were subcultured once and then seeded at a density of 104 cells/cm2.

Human bone marrow-derived mesenchymal stem cells, hMSC (IV,V)
In Paper IV purified human bone marrow-derived mesenchymal stem cells (hMSCs) 
(CD105+, CD29+, CD44+, CD14–, CD34–, CD45–, Cambrex Bio Science, Verviers, 
Belgium) were used, and expanded in a defined medium (Cambrex Bio Science, Verviers, 
Belgium) that consisted of MSC basal medium and the SingleQuots® growth 
supplements, FBS, L-glutamine and penicillin/streptomycin. hMSC were cultured for 1, 4 
and 7 days. In Paper V Poietics® (Lonza, Basel, Switzerland) 6th passage hMSCs were 
cultured on 10 cm Petri dishes using Lonza MSCGMTM with MCGSTM containing L-
glutamine and GA-1000 (Gentamicin/Amphotericin-B). Poietics cells were grown 
according to product instructions and seeded onto material samples at 3000 cm-2 cell 
density. 24 hours after seeding, MSCGMTM was replaced by Osteogenesis Induction 
Medium (Lonza, Basel, Switzerland) containing growth factors and supplements 
(dexamethasone, ascorbate, ß-glycerophosphate, MCGSTM, L-Glutamine, 
penicillin/streptomycin). Induced hMSCs were fed every 3–4 days with fresh 
Osteogenesis Induction Medium. Maximum hMSCs induction time was 28 days.

7.6 Evaluation of microbial adhesion and cellular proliferation and spreading

7.6.1 Bacterial adhesion (II, III)

In Paper II bacterial adhesion was evaluated in a parallel plate flow chamber at a shear 
rate of 15.7/s and expressed in terms of the number of bacteria adhering after 4 hours (n4h,
cells/cm). During the flow of bacterial solution the adherence of bacteria could be 
observed through video microscope and snapshot images saved. After four hours of 
adhesion experiments the quantification of adherent bacteria were performed using 
MATLAB based software developed at the University Medical Center Groningen, 
University of Groningen in The Netherlands [241].

In Paper III bacterial adhesion was studied under static conditions. After 90 minutes of 
adhesion experiments the samples were rinsed three times with sterile PBS to remove any 
non-adherent bacteria before air drying at 22°C. Dried plates were stained for 2 min in 
acridine orange and rinsed with water. For each plate10 micrographs with 100X 
magnification were taken with Nikon Coolpix 8400 (Nikon, Melville, NY) fluorescence 
microscope. The surface area covered with adhered bacteria was then calculated using the 
ImageJ software (National Institute of Health, Bethesda, MD).

7.6.2 Bacterial adhesion strength testing (II)

Relative bacterial adhesion strength was evaluated with air-bubble test. Attached bacteria 
were detached by a passing liquid-air interface and percentage of surface area covered by 
adhered bacteria before and after was evaluated. Detachment is reported in terms of the 
percentage of bacteria detached from a surface (%D).

7.6.3 Cell adhesion, quantification, proliferation, spreading and morphology (III-V)

Fluorescence microscopy (III-V)
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Paper III: Caco-2 cells were incubated for 48 h at 37ºC in humidified 5% CO2-in-air on 
studied samples. Cell culture medium was replaced with serum free RPMI-1640 medium
containing 10 M CellTracker Green 5-chloromethylfluorescein diacetate (CMFDA, 
Molecular Probes, Eugene, OR) for 30 min at 37ºC. The labeling solution was replaced 
with fresh RPMI-1640 medium and samples were incubated for another 30 min at 37ºC
followed by a wash in PBS. Cells were fixed in 4% PFA in PBS for 20 min at 22ºC,
followed by three rinses in PBS. Cell nuclei were stained with DAPI (Sigma Chemical, 
St. Louis, MO) for 5 min, washed twice with PBS and once with distilled water. Samples 
were mounted in DAKO Glycergel Mounting Medium (DAKO Corporation, Carpinteria, 
CA) to glass slides and visualized by fluorescence microscopy (Olympus AX70, Japan). 
Four microphotographs were taken from each sample with 10x magnification. The number 
of adherent cells was counted using the ImageJ software (National Institute of Health, 
Bethesda, MD).

Paper IV: 1) Actin cytoskeleton: Cells (Saos-2, hOB and hMSC), after culturing on 
material samples, were fixed in 4% PFA in PBS and permeabilized using 0.1% Triton X-
100 in PBS. Cells were stained using 4x107 M phalloidin–TRITC (Sigma, Madrid, Spain)
in PBS to visualize filamentous actin and 3x106 M DAPI (Sigma, Madrid, Spain) in PBS 
for nuclear DNA. Samples were examined using a Leica TCS SPE (Leica Microsystems, 
Wetzlar, Germany) confocal microscope or, for low-magnification images, using Leica 
AF6000 (Leica Microsystems, Wetzlar, Germany) fluorescence microscope. To quantify 
cell spreading, fluorescence microscopy images were acquired and cell spreading 
analyzed with ImageJ v1.34 (National Institute of Health, Bethesda, MD). 2) Tubulin 
cytoskeleton: Fixation and permeabilization were done as described above with actin 
cytoskeleton. For immunostaining, cells were incubated for 1 h in PBS containing 2% 
BSA, 0.05% Tween 20 and monoclonal mouse anti- -tubulin IgG2b
(Sigma Chemical, St. Louis, MO) diluted 1:50 in PBS containing 1% BSA. After washing 
with 0.05% Tween in PBS, cells were incubated for 1 h in Alexa-Fluor 488-conjugated 
goat anti-mouse IgG (Molecular Probes, Leiden, Holland) diluted 1:1000 in PBS 
containing 1% BSA. Nuclei were stained by incubating samples in DAPI solution before 
examination with Leica TSC SPE (Leica Microsystems, Wetzlar, Germany) confocal 
microscope. 3) Active caspase-3: Fixation and permeabilization was performed similarly 
as described above with actin cytoskeleton. Cells remaining in the cell culture medium 
were collected, centrifuged onto glass slides at 2000 rpm for 10 min using a cytocentrifuge 
Cytospin 2 (Shandon Southern Products Ltd., Runcorn, United Kingdom), fixed and 
permeabilized. Cells were incubated in PBS containing 2% BSA and 0.05% Tween 20 for 
1 hour, followed by overnight incubation at 4ºC in Alexa Fluor® 488-conjugated 
polyclonal rabbit anti-human cleaved caspase-3 (Asp175) (Cell Signaling Technology,
Beverly, MA, USA) diluted 1:10 in PBS containing 1% BSA. Before examination by 
confocal microscopy, cells were washed with 0.05% Tween in PBS and their actin 
cytoskeleton was stained as described above.4) Nuclear staining: Acetoxymethyl ester of 
calcein (green) and propidium iodide (PI) (red) stained live and dead nuclear respectively 
(see section 7.8).

Paper V: hMSCs were cultured in osteogenic induction media and stained for fluorescence 
microscopy analysis. The actin cytoskeleton, focal adhesion and nuclei staining were 
analyzed after triple staining at room temperature. Samples were washed twice in PBS and 
fixed in 4% PFA in PBS for 10 minutes. After fixation samples were washed two times in 
PBS, permeabilized for 10 minutes in 0.1% Triton X-100 in PBS and washed twice in the 
same solution. Non-specific binding sites were blocked using normal goat serum diluted 
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1:10 in 0.1% BSA in PBS for 1 hour. After normal goat serum was blotted away, samples 
were incubated in monoclonal mouse anti-human vinculin IgG [242] for one hour and 
washed 3 times in Triton X-100 in PBS. Finally, samples were then incubated in dark for 
30 minutes in Alexa-Fluor 488 conjugated goat anti–mouse IgG (1:400 in BSA-PBS) and 
Phalloidin-586, washed 3 times in PBS and counterstained with DAPI (1:1000 in dH2O)
nuclear stain for 10 minutes followed by two washes, one in PBS and one in dH2O and 
mounted in a fluorescence compatible mounting medium. Samples were visualized using
Leica DM6000 B/M light microscope connected to a fluorescence sensitive digital camera
DFC365FX (Leica Microsystems, Wetzlar, Germany).

Fluorescence quantification (IV)
hMSCs were cultured in tissue culture-treated PS 24-well plates (Nunc, Roskilde, 
Denmark). Cell proliferation was assessed using the alamarBlue assay (Biosource, 
Nivelles, Belgium), which contains a redox indicator changing color in response to 
metabolic activity. After PBS washes cells were incubated in DMEM containing 10% 
alamarBlue dye for 4 h, followed by fluorescence quantification using microplate reader 
Synergy 4 (BioTek Instruments, Winooski, VT) using 530 nm for excitation and 590 nm 
for emission wavelengths.

Scanning electron microscopy (III-V)
Paper III: Early (4 hours) and late (48 hours) Caco-2 cells adherence was studied using
SEM. After incubation samples were transferred to new culture plates, washed twice with 
PBS, fixed in 2.5% (in PBS) glutaraldehyde (Sigma Chemical, St. Louis, MO) and left 
overnight at 4ºC. Samples were rinsed in PBS and dehydrated in diluted ethanol series 
(50, 60, 70, 80, 90, 94, and 100% ethanol). Dehydration was completed by washing plates 
in 1:1 diluted hexamethyldisilazane (Sigma Chemical, St. Louis, MO) in absolute ethanol, 
followed by pure hexamethyldisilazane and air drying at 28ºC. Samples were mounted on
SEM stubs, coated with gold (Polaron E5100 Sputter Coater, Polaron Equipment, 
Watford, UK) and examined with a Philips XL30 (Philips, Eindhoven, The Netherlands)
scanning electron microscope at an accelerating voltage of 15 kV.

Paper IV: Cells (Saos-2, hOB and hMSC) were cultured on the biomaterial samples in 24-
well plates (2x104 cells well–1) for 24 h. Culture medium was removed and samples were
washed with PBS and fixed in 2.5% glutaraldehyde (Sigma Chemical, St. Louis, MO) for 
30 min at room temperature. Samples were dehydrated in a diluted ethanol series (from 
30 to 100%) for 15 min at each step. After dehydration the samples were gold sputter-
coated before examination by scanning electron microscopy (FEI Quanta 200 ESEM, 
Hillsboro, OR).

Paper V: Cultured hMSC samples were analyzed after 7.5 hours and after 5 days. 
Incubated samples were transferred to new well plates, washed twice with PBS and fixed 
overnight in 2.5% glutaraldehyde at +4°C. Samples were washed 3x10 minutes with PBS
and dehydrated in diluted ethanol series (50, 70, 80, and 90%) for 5 minutes each, 10 
minutes in 96% and twice in 100%. Dehydration was completed using Bal-Tec CPD 030 
Critical point drying unit. Samples were mounted on SEM stubs, coated with platinum 
using Q 150T S (Quorum Technologies, West Sussex, United Kingdom) sputter coater.
Surface analysis was performed with QuantaTM 250 FEG-SEM scanning electron 
microscope.

7.7 Footprint analysis (V)
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Footprint analysis was performed with ToF-SIMS. After one day in culture of 
osteoinduced hMSCs the samples were detached by trypsinization (0.25% trypsin in PBS-
EDTA; 0.02%) for 5 min at 37°C, followed by neutralization using an equal amount of a
trypsin neutralization solution. After removal of the detached cells, samples were washed
three times with dH2O and sterilized in absolute ethanol. The samples were placed in dH2O
for at least 24 h to reduce free ions remaining from the culture medium and then dried 
using pressurized air. ToF-SIMS was performed as described in section 7.4.1.

7.8 Cell viability and metabolic activity (IV)

Cell viability was assessed by inspecting culture cells using confocal microscope (Leica 
TCS SPE Wetzlar, Germany). Cells were cultured on the sample materials in 24-well 
plates (2x104 cells well-1) for 24 hrs. After washing with PBS, cells were incubated for 30 
min in cell culture medium containing 8x10-3 M acetoxymethyl ester of calcein (calcein-
AM, Sigma Chemical, St. Louis, MO) and 1x10-3 M PI (Fluka, Madrid, Spain) for viable 
and damaged cell staining, respectively. This was done in a humidified, 5% CO2 incubator.
The samples were rinsed gently with PBS and fixed with 4% paraformaldehyde in PBS 
before examination.

Table 2. Primer sequences used in quantitative real time-polymerase chain reaction. 
COL1A1, collagen, type I, alpha 1; ALP, alkaline phosphatase; OP, osteopontin; RPLP0,
large ribosomal protein P0.

7.9 Evaluation of osteogenic differentiation (V)

7.9.1 Quantitative real-time reverse transcription polymerase chain reaction qRT-PCR

Relative expression levels of osteogenic markers (COL1A1, ALP, osteopontin) were
measured using qRT-PCR. Total RNA from the cultured cells was isolated using RNeasy 

Gene Oligonucleotides Sequence (5’-3’) Amplic
on size 
(bp)

COL1A1
NM
000088.3

Forward primer
Reverse primer

CCACCAATCACCTGCGTACAGAA
GGGCAGTTCTTGGTCTCGTCACA

118

ALP
NM
000478.3

Forward primer
Reverse primer

CTTGACCTCCTCGGAAGACACTC
GCCTGGTAGTTGTTGTGAGCATAG

237

OP
NM
000582.2

Forward primer
Reverse primer

CACAGCATCGTCGGGACCAG
GGGCTAGGAGATTCTGCTTCTGAG

250

RPLP0
NM
001002

Forward primer
Reverse primer

GGCGACCTGGAAGTCCAACT
CCATCAGCACCACAGCCTTC

149
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Mini Kit (QUIAGEN, Valencia, CA) according to the manufacturer’s protocol. 100 ng of 
total RNA was reverse transcribed using iScriptTM cDNA Synthesis Kit (BioRad 
Laboratories, Hercules, CA). qRT-PCR was performed using iQ5 real-time PCR detection 
system (BioRad Laboratories, Hercules, CA). Applied primer sequences are listed in Table 
2.

2
Green Supermix (BioRad Laboratories, Hercules, CA). Afterwards 2 l of cDNA was 

l of the master mix. The sequence was run in three steps: 1) initial 
denaturation for 3 min at 95°C; 2) 45 (PCR amplification) cycles of denaturation at 95°C 
for 10 s, annealing at 60°C for 30 s and extension at 72°C for 30 s; and 3) melting step 
with ramping to 95°C (0.5°C/step). The copy numbers of mRNA were determined and 
normalized against ribosomal protein large P0 (RPLP0) gene which was used as 
housekeeping gene.

7.9.2 Mineralization assay

Mineralization assay was performed for osteoinduced hMSCs after 28 days. Samples were 
washed twice with PBS, transferred to a 12-well plate and fixed in 4% PFA in PBS for 15 
min. Mineral deposits were stained using a HA specific OsteoImage™ Mineralization
Assay (Lonza, Basel, Switzerland) according to manufacturer’s protocol. MSCGMTM

without cells on Ti was used as a control. Samples were mounted in SlowFade® 
LifeTechologiesTM mounting media (Grand Island, NY) and visualized with an Olympus 
AX70 fluorescence microscope (Olympus, Tokyo, Japan).

7.10 Biocompatibility and cytotoxicity testing (III-V)

Paper IV: The biocompatibility of the DLC and DLC-p-h coatings was assessed by using 
of human cells related to the bone-forming: hMSC, hOBs and Saos-2. Cells were cultured
as described is section 7.5.3. Cells were incubated for 24 hours and their adherence, 
proliferation and spreading on material surfaces was assessed with immunofluorescence
staining followed by fluorescence microscopy. Cell behavior was also inspected by SEM
imaging. 

MTT assay was used to test cytotoxicity of DLC-PTFE-h coating in Paper III. Experiment 
was done using Caco-2 cell line. 5 mg/mL of MTT reagent was dissolved in PBS, filtered
and stored at 4°C. Sample size was 24x24 mm. Cells at density of 105/mL were first 
suspended in 2 mL RPMI-1640 medium supplemented with 2.2 mM L-glutamine, 10% 
FCS, 100 IU/mL penicillin, and 100 g/mL streptomycin then added on the top of samples 
and incubated for 12 or 72 h at 37°C in humidified 5% CO2. Samples were transferred to 
2 mL fresh RPMI-1640 without phenol red but with 200 L MTT solution and incubated 
for 6 h. After incubation, 670 L of 20% SDS in 0.02M HCl was added by mixing with
pipette and left at 22°C for 18 h. 200 L aliquots were transferred to 96-well plates and 
the absorbance was determined using an automatic plate reader (Multiscan EX, Thermo
Scientific, Waltham, MA) with 570 nm testing and 690 nm reference wavelengths. In 
Paper V MTT extraction test was used to determine cytotoxicity of DLC-PDMS-h coating.
Experiment was done using Saos-2 cell line. ISO 10993-5 standard of 6 cm2/ml extraction 
volume ratio of surface area was used. Cells were seeded in density of 105 cells/ml into 
96-well plates (100 l per well). Incubation time was 24 h at 37°C for both cells and 
extracts. Medium (DMEM, 10% FBS, 1% L-glutamine, 1% Pen-Strep) was replaced with 
different extract concentrations (100, 75, 50, 25 and 12.5%) and controls (Negative 
control: 9.3 ml of medium 100 mm tissue culture plate (Corning®), positive controls: 
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0.2% and 0.1% Triton-X-100 in cell culture medium). Solutions were then incubated for 
24 h at 37°C. DMEM was discarded and 1 mg/ml MTT diluted in medium was added and
incubated for 2 h at 37°C. MTT medium was then discarded, 100 M isopropanol was 
added per well and mixed. After mixing the absorbance of extracts was measured using 
Multiskan Ex-Photometric plate reader (Labsystems, Thermo Fisher Scientific, Finland) 
with 570 nm (test) and 690 nm (reference) wavelength settings.

7.11 Statistical analysis (II-V)

For one-way ANOVA, SPSS statistical software (SPSS, Chicago, IL) was used. A p-value
of 0.05 or less was considered statistically significant. The Following post hoc comparison 
methods were used: Scheffe significant difference test (II), Turkey test (III), Bonferroni 
test (IV) and least significance difference test (V). In Paper III normality of the distribution 
was tested using Levene test, and for statistical analysis in Paper IV Kruskal-Wallis and 
Mann-Whitney U rank-sum tests were used. Numerical results were expressed as the mean 
±the standard deviation.
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8. RESULTS

8.1 FPAD deposition of DLC coatings

8.1.1 DLC adhesion to the substrate material and oxide reduction of substrate surface (I)

A very strong adhesion of DLC coating can be achieved with FPAD method by the use of 
intensive high energy (>2 keV) carbon plasma before applying the high quality DLC 
coating (sp3 fraction >80%). This sp3 value can be derived from earlier studies: if single 
crystal silicon wafer substrate surface breaks at 500 nm thickness, the sp3-fraction is 85%
and if it breaks at 1500 nm thickness the sp3-fraction is 80% [37]. Paper I shows that the 
high energy plasma enables in situ oxide reduction and subsequent ion mixing with 
substrate material. If carbide forming substrate is used, the maximum adhesion is 
achieved. The maximum adhesion was demonstrated using the single crystal silicon wafer 
test described in section 7.3.1. ESCA investigations demonstrated that pre-argon sputtered 
substrate, in contrast to non-sputtered substrate, showed in situ oxide reduction of 
substrate coating interface.

8.1.2 Simplified FPAD method for depositing high quality DLC coatings (I)

In Paper I it is presented that by removing argon sputtering phase and by using oxide 
reducing high energy plasma (>2 keV) the FPAD deposition system of high quality DLC 
can be improved and simplified.

8.2. Bacterial adhesion to DLC (II)

In Paper II bacterial adhesion to DLC and AISI 316L (surgical steel) was compared among 
seven bacterial strains, commonly implicated in implant-related infections. The strains 
represented: S. epidermidis HBH276, 236 and 3294, S. aureus 7323, Streptococcus 
salivarius GB24/9, Pseudomonas aeruginosa ATCC19582 and 6354. No significant 
statistical differences were observed between DLC and AISI 316L when numbers of 
adhered bacteria or their strength of adhesion were compared. The Staphylococcus strains 
adhered in significantly higher numbers than the Pseudomonas or Streptococcus strains. 
Adhesion strength tests showed that the Staphylococcus strains adhered much more 
strongly than the Pseudomonas or Streptococcus strains.

8.3 DLC-p-h coatings (III-V)

8.3.1 Bacterial adhesion to DLC-PTFE-h (III)

In Paper III, static bacterial adhesion of S. aureus and S. epidermidis to DLC-PTFE-h
surfaces were tested in serum free conditions. Bacterial adhesion to DLC-PTFE-h was 
compared with control surfaces consisting of oxidized silicon, titanium and DLC. The 
percentage of surface area covered with adhered bacteria was calculated after the 90 
minutes adhesion. The adhesion of S. aureus ATCC 25923 to surfaces was 2.32%, 2.35%, 
and 2.57% for DLC, titanium, and oxidized silicon, respectively, and 1.93% for DLC-
PTFE-h. For S. epidermidis ATCC 35984 the corresponding numbers were obtained: 
3.90%, 3.32%, 3.47%, and 2.57%. Differences in bacterial adhesion between DLC-PTFE-
h and other materials were statistically significant (p<0.05).

8.3.2 Cell adhesion to DLC-PTFE-h and DLC-PDMS-h coatings (III, IV)
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In Paper III, adhesion of Caco-2 cells to DLC-PTFE-h was evaluated by analyzing 
CMFDA and DAPI staining, and SEM images after 4 and 48 hours incubation with the 
substrate. The results did not show statistical differences in numbers of adhered Caco-2
cells on DLC-PTFE-h as compared to DLC, Ti and Si surfaces. The results of MTT testing 
viability of attached cells were also not statistically significant among the tested surfaces.
When the viability of cells after attachment for 12 hours to each material was assigned to 
be 1.00, then the numbers characterizing viable cells at 72 hours for DLC-PTFE-h, DLC, 
Ti and Si were 1.46±0.24, 1.53±0.20, 2.12±0.24 and 1.39±0.08, respectively (Figure 3A).

Figure 3. MTT cytotoxicity assays. A) Caco-2 cell growth after 72 hours on DLC-PTFE-
h, DLC, Ti and Si compared to cell growth after 12 hours. B) Saos-2 cells growth (MTT 
absorbance) on DLC-PDMS-h at different extract concentrations (100, 75, 50, 25 and 
12.5%) and controls (negative: polystyrene, positive: 0.2% Triton-X-100) after 24 hours 
of incubation. Error bars denote ±standard deviation.

In Paper IV, adhesion of human mesenchymal stem cells and osteoblastic cells (hOB and 
Saos-2) to DLC, DLC-PDMS-h and DLC-PTFE-h coatings was evaluated. Materials were 
chosen to be tested with three different surface roughness (Ra) values (smooth: 1-10 nm, 
matt: 100 nm and rough: 1000 nm):

Cell proliferation (IV)
hMSCs on DLC, DLC-PDMS-h and DLC-PTFE-h were investigated to evaluate the cell 
proliferation. Chosen time points were 1, 4 and 7 days and PS was used as a control 
material. The number of viable hMSCs on the DLC-PDMS-h samples was substantially 
lower than on the DLC or DLC-PTFE-h samples at all studied time points. Cell 
proliferation increased over time on smooth, matt and rough DLC and DLC-PTFE-h
samples, while it did not alter significantly on any of the DLC-PDMS-h surfaces. hMSCs 
proliferated with a similar or even higher rate on DLC and DLC PTFE-h than on PS at all 
three different roughness of tested materials. Cells grew similarly on the DLC and DLC-
PTFE-h coatings, though a significant increase in cell proliferation was detected for cells 
cultured on rough DLC-PTFE-h at days 4 and 7 as compared to rough DLC (p<0.015).

Arrangement of actin cytoskeleton and cell spreading (IV)
In all three cell types, filamentous actin staining showed typical organization of an actin 
cytoskeleton on DLC and DLC-PTFE-h, but minimal and disorganized actin stress fibers 
were formed in cells cultured on DLC-PDMS-h. On smooth, matt and rough DLC and 
DLC-PTFE-h samples hOBs exhibited an elongated morphology and Saos-2 cells showed 
a polygonal morphology, while hMSCs assumed intermediate shapes. On both DLC and 
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DLC-PTFE-h surfaces, the actin cytoskeletons of these three cell types were organized 
into dense mesh/web of well-defined stress fibers distributed throughout the cell body, 
mostly oriented along the main cellular axis. DAPI staining of cells cultured on DLC and 
DLC-PTFE-h coatings showed normal nuclear morphologies, without signs of nuclear 
condensation. In contrast, the few cells that were attached to the DLC-PDMS-h surfaces 
exhibited a highly disorganized actin network in all cell types studied. In addition, DAPI 
staining revealed nuclear condensation and fragmentation. On DLC-PDMS-h small nuclei 
and nuclear fragment clusters could be observed, regardless of the roughness of the 
surface. Randomly selected cell occupied areas were investigated to study cellular 
spreading on the surfaces. This showed poorer cell spreading on DLC-PDMS-h samples 
compared to the other materials, regardless of their roughness or the cell type used for 
testing (p<0.015). On DLC and DLC-PTFE-h surfaces cells exhibited similar levels of 
spreading (smooth and matt surfaces), but both hOBs and hMSCs spread better on rough 
DLC-PTFE-h than on rough DLC surfaces.

Cell morphology (IV)
Cell morphology was examined after 24 hours of culture. Cellular shrinkage and surface 
blebs were observed in the few cells that were attached to the DLC-PDMS-h samples. 
Compared to the DLC and DLC-PTFE-h surfaces, cells cultured on the DLC-PDMS-h
samples displayed a larger number of lamellipodia with filopodia on their ends.

Arrangement of tubulin cytoskeleton (IV)
The organization of the microtubular cytoskeleton was examined on DLC, DLC-PTFE-h
and DLC-PDMS-h coatings. Cells adhered to smooth (Ra=1-10 nm) surfaces were 
examined after 24 hours. On the DLC and DLC-PTFE-h surfaces cells showed acetylated 

-tubulin networks arising from perinuclear localization and spreading in filamentous 
patterns to the cytoplasm of the cell. There were no apparent differences in the 
organization or density of the acetylated microtubules between cells cultured on these two 

-tubulin arrangement was detected in cells 
cultured on DLC-PDMS-h. Poorly organized and very few microtubules radiating from 
the perinuclear area to the cytoplasm were observed on the DLC-PDMS-h surfaces. 

-tubulin arrangement on the DLC-PDMS-h
samples was observed with all three cell types studied.

Cell viability (IV)
Cell viability after 24 hours was examined by live/dead staining. Study disclosed more 
viable cells on the DLC and DLC-PTFE-h surfaces as compared to DLC-PDMS-h.

Expression of active caspase-3 (IV)
Staining of active caspase-3 expression was detected only in the few cells that were 
attached to the smooth DLC-PDMS-h coatings, regardless of the cell type. No positive 
staining was detected in the cells attached to the smooth DLC and DLC-PTFE- h coatings. 
Medium from cells cultured on the DLC-PDMS-h contained multicellular aggregates 
showing positive staining for active caspase-3. But no positive staining of detached cells 
was detected in medium from cells cultured on smooth DLC and DLC-PTFE-h.

8.3.3 Cytotoxicity (III, V)

In Paper III MTT assays were used to test cytotoxicity of DLC-p-h coatings. Cytotoxicity 
of DLC-PTFE-h was evaluated by comparing Caco-2 cells growth on different materials. 
No statistical differences (p<0.05) between DLC-PTFE-h, DLC, Ti and Si were found 
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which proves that DLC-PTFE-h is non-cytotoxic material (Figure 3A). Cytotoxicity of 
DLC-PDMS-h was evaluated in Paper V by using MTT extract test. This cytotoxicity 
experiment (for details see section 7.10) was done using Saos-2 cells. Results are shown 
on Figure 3B. Comparison of absorbance levels (corresponding to cell viability) of 
different extract concentrations to negative control (100, 75, 50, 25 and 12.5%, 110%, 
122%, 124%, 123%, 119% respectively) showed that cells were not damaged by DLC-
PDMS-h extracts implicating non-cytotoxicity of the material.

Figure 4. SEM image analysis of DLC-PDMS-h, DLC and Ti surface area covered by 
hMSCs at 7.5 hours and at 5 days. Error bars denotes ±standard deviation.

8.3.4 Osteogenic differentiation (V)

SEM investigation of cell behavior on surfaces
SEM image analysis of the surface area of the studied materials covered by hMSCs at 7.5 
hours and at 5 days (Figure 4) revealed less adherent and less spread cells on DLC-PDMS-
h surfaces as compared to cells behavior on the DLC and Ti surfaces. On DLC-PDMS-h
surface, after 7.5 hours cells were deformed, small, thin, elongated and sometimes 
branching, indicating that attachment and focal adhesions were poorly developed, in 
particular when compared to cells cultured on Ti which had well developed focal 
adhesions (Paper V). After 5 days there were fewer cells on DLC-PDMS-h surface than 
on DLC and Ti surfaces. They were deformed and of non-uniform shape, blebbing and 
partly fragmented. The percentages of areas covered by cells at 7.5 hours were 2.6±1.4%, 
8.1±0.8%, 9.2±0.6% for DLC-PDMS-h, DLC and Ti, respectively (p<0.01 for DLC-
PDMS-h vs. DLC and Ti) and at 5 days 3.1±1.2%, 35.3±16.6%, 42.9±6.5%, respectively 
(p<0.03 for DLC-PDMS-h vs. DLC and Ti).

qRT-PCR assessed gene expression of three genes, early marker COL1A1, mid-time 
marker ALP and late marker OP
qRT-PCR was used to study the relative expressions of COL1A1, ALP and OP genes. The 
mRNA of the early marker COL1A1 showed shorter and lower levels of gene expression 
on DLC-PDMS-h and DLC as compared to Ti (7 days and 21 days: DLC-PDMS-h vs. Ti, 
p<0.05, and 21 days: DLC vs. Ti, p<0.05). The expression of the mid-term marker ALP 
starts later than that of the early marker COL1A1. Lower ALP mRNA expression levels 
were found on DLC-PDMS-h and DLC than on Ti (7 days, in both cases p<0.02), whereas 
at day 14 ALP mRNA expression was higher on DLC-PDMS-h than on Ti (14 days, 
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p<0.02), as if its expression would be delayed. The late marker OP, studied on days 21
and 28, showed reduced gene expression on DLC-PDMS-h and DLC compared to Ti at 
day 21 (in both cases p<0.02).

Hydroxyapatite (HA) formation
Deposition of HA into the extracellular matrix was studied at 28 days of culture (as a final 
osteogenetic marker). Microphotographs showed minimal HA staining on DLC-PDMS-h
compared to DLC and Ti. HA containing mineral nodules were scarce on DLC-PDMS-h
as compared to DLC and Ti surfaces. HA formation clearly showed that MSCs were 
successfully induced to osteoblasts capable of producing bone mineral on DLC and Ti 
surfaces. HA staining was minimal or even absent at DLC-PDMS-h surfaces.

8.3.5 Contact and sliding angles (III-V) 

Combined results of the approximate contact angle values for Ti, DLC, DLC-PTFE-h and 
DLC-PDMS-h were 60°, 70°, 110° and 105°, respectively, and sliding angles >80°, >80°, 
no angle* and <1°, respectively. (* denotes that water droplet did not start to slide even at 
90° of tilted plane as the gravitational force was insufficient to make the droplet to move).

8.3.6 Footprint analysis (V)

After the cleaning of sample surfaces, the protein remnants on DLC-PDMS-h, DLC and 
Ti were studied with ToF-SIMS analysis. ToF-SIMS (at day 1) demonstrated that all mass 
components (except certain inherent PDMS polymer components, which represent mass 
peaks at 28, 73, 75, 133 and 147 u) were low on DLC-PDMS-h compared to DLC and Ti 
(Ti peaked naturally at its intrinsic mass value of 48 u). Maximum peak values were 
analyzed quantitatively from ToF-SIMS data. These mass peaks were 45, 47, 54, 55, 58, 
59, 60, 61, 68, 69, 71, 72, 74, 81, 82, 83, 84, 85, 86, 87, 88, 91, 95, 98, 100, 102, 104, 107, 
110, 113, 115, 120, 121, 127, 129, 130, 131, 132, 136, 159, 170 u. All these mass 
components were low on DLC-PDMS-h as compared to DLC and Ti. The proportion of
these mass peaks on DLC-PDMS-h was only 13.7±10.7% as compared to DLC and 
15.0±6.1% as compared to Ti.
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9. DISCUSSION

9.1 FPAD deposition of DLC and its adhesion to the substrate material

DLC materials have been under investigation for decades for high load and wear resistance 
applications, especially for THA. The main obstacle for the application of high quality 
DLC coatings has been the lack of sufficient adhesion to the substrate that occurs when 
the coating thickness is increased. The lack of adhesion is due to the high internal stresses 
involved in thin film DLC coatings [30, 34]. These stresses normally cause the high quality 
DLC coating to delaminate from the substrate material [30, 54]. Various methods have 
been tried to relief these stresses (see section 5.1.2) but typically these changed the coating 
properties and led to a decrease in overall coating performance. It should be noted that not 
all materials are suitable substrates for DLC coating deposition [243]. A significant factor 
affecting the adhesion of DLC coatings, in addition to high carbon plasma energies (>2 
keV) and the ability of the substrate to form carbides, is the hardness of the substrate [54].
According to our earlier studies the critical hardness limit is HV 3 GPa [37, 54]. Below 

above the hardness limit the maximum thickness of the highest quality coatings is 
approximately 500 nm. The exact explanation of this phenomenon is not clear but it is 
assumed that a softer substrate allows the relaxation of the internal stress preventing the 
peel off and allowing the coating to grow thick enough to become self-supporting. If
hardness and carbide forming conditions are not met, an intermediate layer with such 
properties has to be applied. In Papers I-V all DLC coatings were deposited as described 
in section 7.2.2, using two step coating process. First, an adhesion layer was deposited 
using high plasma energies. Second, the high quality DLC coating was then deposited 
using low energy FPAD system. This procedure enables the deposition of thick, high-
quality DLC coating on materials that have pre-selected properties described above.

ESCA investigations of pre-argon sputtered substrate compared to non-sputtered substrate 
after high energy deposited DLC thin films showed in situ oxide reduction of substrate 
coating interface.  Therefore it can be concluded that the high energy carbon alone 
removes the surface oxide layer reaching into pure silicon yielding same adhesion 
properties as are achieved with oxide removing pre-treatment with argon sputtering of the 
substrate. A good adhesion of DLC coating cannot be obtained with our low energy 
deposition unit until substrate is pretreated with high energy unit, even though the surface 
oxide layer is conventionally removed with argon sputtering. In other words, the native 
oxide has to be removed with some method because ion mixing and carbide formation are 
required for the strongest adhesion. On the basis of these results it can be concluded that 
by depositing the carbon adhesion layer by using oxide reducing high energy plasma (>2 
keV), without the argon sputtering, the deposition system can be improved and simplified 
in order to produce high quality DLC.

9.2 Bacterial adhesion to DLC

Bacterial adhesion in serum free conditions to DLC compared to surgical AISI 316L steel 
was studied in dynamic bacterial adhesion setup. Dynamic conditions were chosen over 
static conditions to mimic better the conditions prevailing in vivo when implant is in 
contact with dynamic body fluids. Bacterial adhesion was evaluated in a parallel plate flow 
chamber at a shear rate of 15.7 s-1. When shear rates are high (>500 s-1), adhesion of S.
epidermidis to materials decreases because hydrodynamic forces predominate [244]. The 
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same phenomenon is seen for S. aureus when shear rate exceeds 300 s-1 [245-247]. To
avoid these artifacts, caused by high shear rates, and to study the effect of biomaterial 
properties on bacterial adhesion rather than their ability to withstand detachment 
(retention), 15.7 s-1 shear rate was used throughout the experiments. This shear rate was 
also chosen to keep the flow in laminar mode (Reynolds number 1.4) and because it is a
rough estimate of the shear rates in the interstitial tissues of the human body. Bacterial 
adhesion strength was also evaluated. Using this design, no differences were observed for 
the number of adhered bacteria or for the bacterial adhesion strength on DLC compared 
to AISI 316L. Because chemical composition of DLC compared to AISI 316L are 
completely different we could expect different bacterial adhesion on these surfaces. 
Normally the most relevant parameter in bacterial adhesion is considered to be the surface 
energy [186, 222, 248, 249]. To evaluate surface energy of the materials the water contact 
angles (hydrophobicity) were measured. Both DLC and AISI 316L manifested similar 
hydrophobicities, their water contact angles were 66° and 67°, respectively. Physical 
parameter, surface roughness is reported to affect bacterial adhesion to materials [123,
186, 250]. Tested coatings (both DLC and AISI 316L) had similar surface roughness 
values (5–9 nm). Because the samples were equally smooth, the differences in surface 
morphology between materials were considered to have negligible importance for 
bacterial adhesion. Combining above results shows that similarity of these properties 
could be the reason why we did not find different bacterial adhesion behavior on both 
coatings even with completely different chemical compositions. Results disclosed that 
although there were differences in adhesion to both materials across the different bacterial 
strains tested, the Staphylococcus strains adhered in significantly higher numbers than the 
Pseudomonas or Streptococcus strains. This is in line with the general clinical notion that 
staphylococci are the number one causative organisms for implant-related infections 
involving metal implants in orthopedics [251, 252]. Adhesion strength tests were in line 
with above because they showed that the Staphylococcus strains adhered much more 
strongly than the Pseudomonas or Streptococcus strains. This comparative study was done
because most of the earlier studies had not tested the potential susceptibility of DLC 
coatings to bacterial adhesion, which is usually the first step (after implantation) in the 
development of implant-related infections. The results suggest that bacterial adhesion to 
DLC was not different when compared to surgical steel. Thus, DLC coating could be used 
on implants made of AISI 316L or other materials without increasing the risk to implant-
related infections. More recent studies suggest that DLC has antibacterial properties [23-
28]. Future studies should address bacterial adhesion under dynamic conditions and in the 
presence of proteins that are present in interstitial fluid.

9.3 Bacterial adhesion to DLC-PTFE-h

It was hypothesized that DLC-PTFE-h coating would better resist bacterial adhesion than 
conventional biomaterial Ti because it has better anti-soiling properties [29]. Since the
most significant implant-related infections are caused by staphylococci, S. aureus and S.
epidermidis were selected for testing of bacterial adhesion to selected material surfaces 
[251, 252]. There were low numbers of adhering bacteria on DLC-PTFE-h coated surfaces 
compared to any other tested materials. The most important point which can be made
based on these results is the difference between DLC-PTFE-h and traditionally used 
biomaterial Ti which was always in favor for DLC-PTFE-h. Differences in the bacterial 
adhesion between DLC-PTFE-h and Ti were numerically not large. However, the clinical 
significance of even slightly diminished incidence of implant-related infections could be 
high for both individual patients and the health care system. The initial staphylococcal 
adhesion is supposed to reflect the ability of planktonic bacteria to colonize implant 
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surface, making the adhesion a useful surrogate parameter in biomaterial testing. The true 
clinical appreciation of this new type of coating would require randomized controlled 
clinical trials. These results combined with human cell adhesion results (section 9.4)
suggest that DLC-PTFE-h could be used to fight implant-related infections on selected 
implant surfaces as it diminishes bacterial adhesion without affecting the capability of the 
surface to bind host cells.

9.4 Human and animal cells adhesion to DLC-PTFE-h and DLC-PDMS-h coatings

In addition to bacterial adhesion experiments the eukaryotic cell adhesion to DLC-PTFE-
h was evaluated. Caco-2 cell line was used for cellular biocompatibility and cytotoxicity 
studies because it is an adherent epithelial cell line, sensitive to cytotoxic effects and 
commonly used to predict in vivo toxicity [253, 254]. Comparison of the biomaterials 
based on the numbers of adherent cells indicated that cellular attachment to DLC-PTFE-h
was not less that to other tested materials (PS, Ti, Si and DLC). Similar results were seen 
in the metabolic MTT test, which was used in the assessment of viability of attached cells.
We have concluded DLC-PTFE-h material surfaces have biocompatibility comparable to 
widely used biomaterial Ti and therefore are suitable for applications in humans. 
Furthermore, it was found that DLC-PTFE-h surfaces diminishes bacterial adherence 
without affecting its ability to bind mammalian cells. It is likely that bacterial and 
eukaryotic cells use different mechanisms for biomaterial substrate adhesion. Further 
research is needed to explain the differential adhesion of prokaryotic and eukaryotic cells 
to DLC-PTFE-h surfaces.

In Paper IV, adhesion study of human mesenchymal stem cells and osteoblastic cells (hOB 
and Saos-2) to DLC, DLC-PDMS-h and DLC-PTFE-h coatings suggested that adhesion 
can be a useful parameter to compare biomaterials for their capacity to bind human cells.
Three different cell types were selected for this study to test whether different cells and 
cell lines display different capacities to bind to biomaterial surfaces. Cellular adhesion of 
human cells to biomaterials is regulated by several factors, including cell proliferation,
arrangement of actin cytoskeleton and tubulin cytoskeleton, cell spreading, cellular 
morphology and eventual induction of programmed cells death and production of active 
caspase-3. It was hoped that application of several different approaches to study cells-
material interactions would provide more valid and dynamic view of the effects of 
different biomaterials on cellular adhesions. Because the surface topography can affect the 
cellular adhesion [222], three different surface roughness values for materials under study 
were chosen to probe their effects on cells adhesion and proliferation. No major 
differences between cells adhesion to biomaterials with smooth, matt or rough surfaces
were found. The only exception was a slight decrease in the rate of hMSCs proliferation 
and impairment in spreading on the rough DLC coatings. With this exception, the all 
adhesion and cell viability experiments led to the similar findings: hMSCs, primary 
osteoblasts, and Saos-2 cells growth was erratic and/or decreased on DLC-PDMS-h coated 
surfaces compared to DLC and DLC-PTFE-h surfaces. It is known that surface roughness 
affect cell responses. In particular, osteoblast-like cells exhibit roughness-dependent 
phenotypic characteristics [213, 255, 256]. It should be noted that a change in surface 
roughness is directly related to changes in wettability (surface energy) [257]. This is 
evident also in this thesis, especially in contact angles data, correlated to surface energy,
that the rougher the surface the more hydrophobic the material. The contact angles of 
smooth, matt and rough surfaces have the following values respectively for: DLC (66°,
68° and 70°), DLC-PDMS-h (102°, 108°, 110°) and DLC-PTFE-h (106°, 114°, 112°). It 
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could be hypothesized that cell adhesion was unchanged in our experiments because DLC-
p-h coatings have extremely high hydrophobicity (low surface energy) and when surface 
already has a high value of contact angle, the change of roughness is not enough to make 
notable differences to cell adhesion and proliferation. In case of DLC (with substantially 
lower hydrophobicity) the change of roughness resulted in detectable change in hMSCs 
proliferation and behavior. Earlier studies showed that altering surface roughness changes 
hMSC growth behavior but this seems to be more substrate than topography dependent 
[258, 259]. The more obvious reason explaining results is that surface roughness 
modification on DLC and DLC-p-h coatings does not change contact angles enough 
(changing Ra from 1 nm to 1000 nm equals maximum of 8° change in contact angle). In 
the study done with PS, modification of the surface roughness Ra from 19 nm to 2365 nm 
gave contact angle changes from 24° to 64° what resulted in a considerable change in 
surface energy of material [260]. In the case of DLC-p-h films this small change in surface 
energy was not enough to alter cell functions in our experiments. The excellent in vitro
biocompatibility of DLC-PTFE-h, together with its antibacterial properties, makes DLC-
PTFE-h coating a suitable candidate for fabrication of orthopedic implants requiring 
osseointegration. Whereas DLC-PDMS-h surfaces could be beneficial in applications in 
which bone on- and ingrowth should be avoided. Taken together, these observations and 
conclusions led to a hypothesis (and to the experiments done in Paper V), that impairment
of osteoblastic differentiation and osteogenesis, potentially involved in osseointegration, 
on DLC-PDMS-h, is caused by unsufficient cell–matrix adhesion via focal adhesions, 
organization of the cytoplasmic actin cytoskeleton to bundles, and development of tension 
in the bundled cytoskeleton [261-264].

9.5 Cytotoxicity of DLC-PTFE-h and DLC-PDMS-h

MTT assays were used to test cytotoxicity of DLC-p-h coatings. Cytotoxicity of DLC-
PTFE-h was evaluated by comparing Caco-2 cells growth on DLC-PTFE-h with their 
growth on known biomaterials. No statistical differences between DLC-PTFE-h, DLC, Ti 
and Si were found, that proved DLC-PTFE-h to be non-cytotoxic. Because DLC-PDMS-
h proved to be highly resistant to biofouling with cells, the above cytotoxicity assessment 
method could not be used for the determination of DLC-PDMS-h cytotoxicity. This
method would automatically show lower numbers of cells on DLC-PDMS-h surface 
because they would not attach, spread and proliferate equally well as on conventional 
biomaterials. Therefore another test, an extract test (using ISO 10993-5 standard), was 
chosen to evaluate the cytotoxicity of DLC-PDMS-h. Comparison of absorbance levels 
(cell viability) of different extract concentrations to negative control showed that cells are 
not damaged by DLC-PDMS-h extracts. These results allowed concluding that this 
material is not cytotoxic. Together, these results suggest DLC-PTFE-h and DLC-PDMS-
h coatings promising candidates for use in biomedical applications without causing toxic 
effects to host tissue.

9.6 Osteogenic differentiation

It has been shown that mechanoinduction increases cytoskeletal stress and cytoskeletal 
tension leading to selective differentiation of hMSCs to osteoblast-like cells [232, 262,
263]. Seeding densities up to 3000 cells/cm2 promote hMSCs to spread and thus exert
tension (mechanoinduction) in their cytoskeleton promoting osteogenesis [227-229]. All 
results confirmed that differentiating hMSCs do not achieve such conditions on DLC-
PDMS-h surface leading to osteogenesis. On the contrary, on DLC and Ti surfaces
mechanoinduction and favorable seeding density promote osteogenic differentiation of 
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hMSCs. This indicates that DLC and Ti act as osteogenic hMSC substrates while DLC-
PDMS-h does not. This feature of DLC-PDMS-h could be beneficial in medical 
applications where reduced or diminished bone growth is preferable on implant surface 
instead of firm osseofixation. This impaired cell adhesion and subsequent failure of 
osteogenic differentiation could be due to the unique combination of DLC-PDMS-h
coatings high contact angle (106°) together with extremely low sliding angle (<1°). It can
be debated that sliding and contact angle do not affect the cellular adhesion and that the 
poor cellular functions is rather related to the chemical composition of the DLC-PDMS-h
surface [11]. But while it is known that the surface chemistry clearly affects cell responses, 
the exact mechanisms involved are not fully understood [265].

9.7 Contact and sliding angles

Hydrophobic surfaces have very favorable antisoiling properties and are thought also to 
be repellent to bacteria and cells. However, to evaluate how a surface truly repels water 
(as well as microbes) one must also measure how easily water droplets slide on the 
surfaces. This can be measured directly by measuring the critical angle at which a droplet 
starts to slide on an inclined plane, the sliding angle of the droplet. Contact and sliding 
angles are good first estimates of the biological performance of implant materials in vitro
and in vivo. Measuring the water contact angle of material is well established standard to 
evaluate materials wettability which correlates directly with the materials surface energy. 
Surface energy of material is considered to be one of the most important parameter 
affecting microbial responses on material surfaces.

Bacterial adhesion
Contact and sliding angles of DLC and DLC-PTFE-h were analysed to evaluate their 
possible associations with bacterial adhesion. It has been earlier suggested that the lower 
hydrophobicity (contact angle), the lower the bacterial adhesion (in doped DLC films) [27,
266]. It was shown for common biomaterials that hydrophilicity is associated with 
inhibition of bacterial adhesion, whereas hydrophobicity promotes bacterial adherence to 
the material surface. Comparison of contact angles of DLC (67°) and DLC-PTFE-h (108°) 
and adhesion of bacteria on these material surfaces indicates that in this case the contact 
angles do not correlate in similar way. For sliding angles, DLC >80° vs. DLC-PTFE-h no 
sliding angle (gravitational force was not enough to initiate the sliding the water droplet) 
it must be concluded that a different mechanism than surface wettability regulates bacterial
adhesion in the case of DLC-PTFE-h coating. This could be due to its unique chemical 
composition [11].

Cell adhesion and osteogenic differentiation
Parameters such as surface energy, roughness, and chemical composition significantly 
influence cellular interactions with biomaterial surface. When cells adhere and grow on 
substrates, they sense, interpret, integrate, and respond to extracellular signals. For 
example, enhanced surface roughness has been shown to increase cell adhesion on 
polymers and metals [213, 267-270]. While surface chemistry clearly affects cell 
responses, the exact mechanisms are not fully understood [265]. The wettability of a 
surface reflects its surface chemistry and many studies have shown that enhancing the 
hydrophilic properties of polymers leads to increased cell spreading and adhesion [271-
274]. In contrast, other authors reported that cells adhered and proliferated at the highest 
rate, when cultured on a substrate with hydrophobic surfaces [275]. On DLC-PDMS-h all 
monitored cellular functions under study were either inhibited or disturbed compared to 
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DLC and DLC-PTFE-h. When comparing cellular behavior on DLC, DLC-PTFE-h and 
DLC-PDMS-h as a function of contact angle (67°, 108° and 106° respectively) it is 
noticeable that even when both hybrids have similar contact angles their cellular behavior 
is completely different. There is very little information in literature related to the influence 
of water sliding angle of substrates on eukaryotic cell behavior. A recent study on micro 
patterned surfaces has shown that human fibroblast migration on nanostructured
poly(epsilon-capro-lactone)/poly(ethylene glycol) copolymers was slower on substrates 
having higher sliding angle values [276]. Our coatings are uniformly planar and solid 
surfaces. DLC-PTFE-h and DLC coatings evoked similar cellular responses, despite 
having quite different contact angles, 108° vs. 67° respectively, but similar sliding 
properties, 80° vs. no angle respectively. In our setup DLC-PDMS-h had extremely low 
sliding angle of water (<1°) compared to DLC and DLC-PTFE-h (>80° and no sliding 
angle, respectively). Impaired cell adhesion and subsequent failure of osteogenic 
differentiation could be due to the combination of high contact angle and low sliding angle
in DLC-PDMS-h coatings. Here also could be debated that poor cellular functions could 
be related rather to a unique chemical composition of the DLC-PDMS-h surface than to 
sliding and contact angle parameters [11].

9.8 Footprint analysis

For most cell types, including hMSCs undergoing osteogenesis, adhesion to ECM is one
of the essential mechanisms in development of multicellular organisms. Integrins and
many cytoplasmic proteins participate in cell attachment by forming focal adhesions
[211]. Focal adhesions play a central role in cell migration and adhesion since they connect
the cytoskeleton of a cell to the ECM. Focal adhesions form adhesive and signaling 
junctions integrating intracellular actin stress fibers through transcellular integrin and non-
integrin receptors with ECM [277]. Focal adhesions are composed of large protein 
complexes containing a vast array of different proteins [278]. These proteins participate 
in the organization of the adhesion complexes attaching the cell to ECM from one site and 
to the implant surface from another [279]. When cells are detached from the surface, some 
of the well adhered focal adhesions proteins may still remain attached on the surface [280].
These remnants are classified as cellular footprints. In recent years ToF-SIMS has been 
utilized successfully to probe eukaryotic and bacterial cells footprints after cultured cells 
have been detached from surface [280-282]. The ToF-SIMS analysis was applied to 
investigate the remnants (footprints) of hMSCs on materials tested in this study.
Considerably fewer remnants were observed on DLC-PDMS-h compared to DLC and Ti. 
This result confirms earlier results demonstrating fewer cells adhering to DLC-PDMS-h
than to DLC and Ti surfaces.
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10. CONCLUSIONS

Good adhesion of high-quality DLC (enabling deposition of thick, >1 m) coatings can 
be finally achieved by depositing an intermediate adhesion layer first with high energy 
(>2 keV) carbon plasma and then the high-quality coating produced with the low energy 
unit. To the best of our knowledge, this can be achieved (with reasonable yield for 
industrial purposes) only with the filtered pulsed arc discharge (FPAD) method developed 
by our group. The properties of DLC coatings prepared with the FPAD method are 
exceptional: they are high quality (>80% diamond sp3 -bonds), ultra-thick (>200 m) and 
have excellent adhesion to a substrate. With the presented in situ surface oxide reduction 
method together with FPAD method, the maximal adhesion of DLC coating to substrate 
can be achieved and the coating process simplified.

Bacterial adhesion to DLC and to new biomaterial DLC-PTFE-h was tested against 
common biomaterials used in medical implants. DLC proved to be as good as surgical 
steel in terms of bacterial adherence which indicated that DLC could be used as biomedical 
implant coating without increasing the risk of implant-related infection. DLC-PTFE-h was 
found to be more biofouling resistant surface than the commonly used medical 
biomaterials used for comparison. This implies that DLC-PTFE-h could be used as 
bacteria repelling surface coating on implants to fight implant-related infections. In 
addition, in cytotoxicity studies it was concluded that novel DLC-PTFE-h and DLC-
PDMS-h coatings were non-cytotoxic and could be used in biomedical applications 
without causing toxicity to implant surrounding host tissue.

Eukaryotic cell adhesion studies demonstrated impaired adhesion of cells to DLC-PDMS-
h surfaces compared to DLC or Ti surfaces. On DLC-PDMS-h surfaces programmed cell 
death caused by lack or loss of adhesion was also observed. Osteogenic differentiation
and osteogenesis of hMSCs cultured on DLC-PDMS-h surface, were impaired or delayed.
On DLC-PTFE-h surfaces a growth of eukaryotic cells was normal, comparable to growth 
on common biomaterials such as DLC and Ti. Results suggest that DLC-PTFE-h coatings 
could be used in medical applications where bone integration would be preferred while 
DLC-PDMS-h coating in orthopedic applications where an implant or implant-facet 
should be protected against bone overgrowth.

This thesis examined biological responses of cells (bacteria and eukaryotic cells) to 
biomaterials and extended the Diamond Group study focused on a potentiality of DLC 
coatings in high wear resistance applications, especially in orthopedics (e.g. THR and 
TKA prosthesis). These results outline the capabilities of FPAD deposited high-quality 
DLC coatings for high hardness and low wear demanding applications in material and 
medical sciences. With the FPAD system, all the necessary requirements for the deposition 
of thick, high-quality and adherent DLC are fulfilled, provided that the substrate material 
is selected properly. This study also demonstrates that the two novel DLC-p-h (DLC-
PTFE-h and DLC-PDMS-h) coatings are non-cytotoxic new materials for biomedical 
applications.
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13. ERRATA

Paper IV:

Page 3326, in text, instead of DLC-polydimethylsilox ane it should read DLC-
polydimethylsiloxane.

Page 3328, in Table 2, instead of R100-DLC-PDMS-II it should read R100-DLC-PDMS-
h.

Page 3329, in Table 3, instead of DLC-PTFE-II it should read DLC-PTFE-h.

Page 3329, in Fig. 2., DLC-PDMS and DLC-PTFE labels should read DLC-PDMS-h and 
DLC-PTFE-h respectively.


