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Summary of the thesis

In this thesis investigations of short pulse XeCl, KrF 
and ArF excimer lasers and HF laser transmission in fused 
silica and fluoride glass fibres respectively are reported, 
together with studies of polymer and soft tissue ablation in 
air and saline. Etch rate and photoacoustic measurements have 
been used to study the ablation process for the tissue and 
polymer samples with excimer lasers.

The main emphasis is on the HF laser where a UV pre­
ionized transverse discharge in SFb ~ CaHa mixtures was used 
to generate’ ~400ns (FWHM) pulses of energy up to 380mJ. 
Transmission measurements made on a 500pn core diameter 
fluoride glass fibre gave a distributed loss coefficient of

-  3
1.5x10 cm-i, and a maximum useful input fluence of 215Jcm“2' 
set by non-linear loss at the fibre input surface.

For bovine cornea in air the onset of ablation occured 
at a fluence of 2°*5Jcm-2, removal rates increased slowly up 
to 23Jcm“2 but above this increased sharply, reaching ~17|im 
per pulse at 8Jcm~2.

In saline the interaction becomes considerably more 
complicated because strong-heating of water at the fibre tip 
leads to the formation of a hot, high pressure vapour cavity 
(optical cavitation). Under these conditions the damage range 
may extend well beyond the beam penetration depth as a result 
of flow effects (eg. jetting) and intense acoustic emission 
associated with the 'bubble' growth and collapse. The 
dynamics of cavitation 'bubbles' have been investigated using 
pulsed dye laser shadowgraphy for various fibre-tissue 
geometries and results in free liquid modelled using the



Rayleigh-Plesset theory. Time resolved photoacoustic measure­
ments have also been made and revealed that very large 
transient pressures are generated in tissue near the fibre 
tip when ablation occurs in liquid; for example, at 8Jcm~2,

B
peak pressures reached about 1.5x10 Pa. When the fibre-to- 
sample spacing was varied physical surface damage was evident 
out to distances of 2250pm for cornea and ~2mm for retina. As 
these are much greater than the characteristic beam absorp­
tion length in water (~1.6pn), the main damage mechanism is 
then not through photoablation but jetting or acoustic 
emission associated with optical cavitation.
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Chapter 1

Introduction

Why are lasers used in surgery? To answer this question 
one ought to study the advantages and disadvantages of lasers 
in general. Modern sceptics point out the following 
disadvantages: They are costly, frequently bulky, relatively 
imobile, additional attachments are needed for cooling, 
personnel must be trained in setting up and handling the 
laser so that it may be used with safety. The last point is 
particularly important to notice since only recently a 
patient's neck and one shoulder was burned when accidently an 
unidentified member hit the foot pedal after the completion 
of operation (1). It is therefore appropriate to remember the 
words of Goldmann (2) who once remarked: "if you don't need a 
laser don't use it", and Schawlow who said how pleased he was 
that lasers could be used to weld the retina of the eye but 
he would probably not have requested funding to build a laser 
if he had wanted to cure eye disease (3).

In the mid 1960's there was a little hope that the laser 
would become an effective means against cancer, particularly 
in light of the papers published by Minton (4) and Ketcham 
(5). These authors had found viable cancer cells in the 
debries ejected explosively during the pulsed irradiation of 
tumours and they suggested that there was danger that such 
cells could be forced into surrounding normal tissue and into 
adjacent blood vessels. Despite their disadvantages lasers 
are being applied more frequently in surgery because there 
are many conditions in which current surgical techniques are
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relatively ineffective due to inaccessibility of the problem 
site.

The subject of laser irradiation of biological systems 
is believed to have started soon after the invention of the 
ruby laser in 1960. Since that time laser technology has 
opened a new era in biology and promises to play an important 
role in medicine. It is generally being accepted as a tool 
for diagnosis and treatment. The early interest in medical 
applications of the lasers centered on the ability of focused 
laser beams to coagulate blood vessels in the retina and to 
cut tissue (6,7,8). Today a variety of laser wavelengths are 
available for ocular photocoagulation ranging from 488nm to 
1.064jxm (9-15). The aplication of lasers to different parts 
of the eye are also extensively studied namely: keratotomy 
(16-19), keratectomy (20,21), sclerotomy (22,23), posterior 
capsulatomy (24,25), trabecuplasty (26-29), and iridectomy 
(30-35).

In the clinical application of lasers one ideally wants 
to irradiate specific cells or tissues and cause a specific 
reaction in them without harming any other cells. If such an 
ideal laser wavelength is found it will likely have some 
problems; for example, it may not deliver enough power, it 
may not have the right pulse width or it may not be possible 
to deliver it through an optical fibre. Broadly medical 
lasers are classified in a number of ways including: type of 
laser, wavelength, power, tissue effects (eg. cutting, 
coagulation) and other relevant factors. Accordingly the 
applications are divided into three main groups:
(i) - endoscopic applications such as gyneocology where CO2
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lasers are mainly used due to their ability to work in a 
bloodless field, haemostatic properties and reduction of 
thermal damage to adjacent structures by the relatively 
superficial penetration of 10.6 }im light.
(ii) - open-beam applications such as dentistry where the 
Nd:YAG and recently excimer lasers are effective in removing 
the plagues in enamel.
(iii) - Microscopic delivery for use in areas such as 
ophthalmology which is an important as well as most used 
clinical case. Another example is in neurosurgery where 
likewise widespread use of the operating microscope to excise 
benign and malignant tissue is made.

The possibility of working without touching the target 
area is useful in many conditions - in working on vascular 
organs such as the spleen, physical touching frequently will 
stimulate more bleeding. The ability to transmit laser energy 
through air or fluid allows applications at a distance in 
hollow organs, like the bladder and the stomach where it is 
sometimes difficult to place the endoscope in a position 
where actual contact with the target area is not possible. 
Photodynamic therapy (PDT) is one useful method of treatment 
of cancer in inaccessible areas such as the brain, lung and 
stomach where a careless physical contact may cause 
paralysis, tumour development and bleeding. At the moment PDT 
is still an active area of research with efforts concerned 
with gaining a better understanding of the physics, chemistry 
and biology of the interaction of light with tissues and 
photosensitizers.

There are many lasers that are now used routinely in
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surgical and therapeutic applications. Of these the C02 laser 
invented by Patel (36) operating at wavelengths between 
9-lljam in the infrared has proved to be especially important 
because of two properties: Firstly it is an inherently power­
ful and efficient device capable of delivering high powers 
from a compact unit, (eg.>10W for medical applications). 
Secondly its infrared beam is highly absorbed by water 
allowing the depth of an incision in tissue to be precisely 
controlled. A major problem exists for this laser, however, 
in that there are no fibres that are well suited to its 
delivery in a medical environment.

Fibres available for transmission of 10.6 pn wavelength 
are KRS-5, alkali halides, silver halides, chalcogenide and 
fluoride glass. However, these fibres present problems; for 
example, KRS-5 is poisonous because it contains thalium; 
alkali halides are found to be very difficult to protect 
against the mechanical damage; silver halides are-
photosensitive, and cannot be exposed to UV light; 
chalcogenide and fluoride glass fibres are very brittle. To 
overcome such difficulties new hollow waveguides based on 
single crystal sapphire have been developed (37,38). The 
important feature of these fibres in contrast to other 
circular hollow waveguides is the lack of mode mixing which 
leads to excessive bending loss. The potential usefulness of 
silver halide fibres for C02 laser transmission has been 
widely reported (39,40) and 5 watts output power from 0.45mm 
core-clad fibre diameter for a few minutes and about 1 joule 
in 10 msec C02 laser pulses has been achieved. Also, a core- 
only fibre of 0.9mm diameter apparently transmits more than
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30 watts CW radiation (40). The proponents of these fibres 
(39) suggest that the usefulness of hollow waveguides in 
medicine is limited by their bulkiness and the sharp decrease 
of transmission when they are bent.

Lasers based on the Neodymium (Nd) ion became available 
for medical use in the early 1970's in the form of for 
example, the CW Nd:YAG laser. The large penetration depth and 
scattering of Nd: YAG laser radiation (1.06|im) within 
biological tissue result in the heating of large volumes. 
Haemostasis or destruction of tumours by coagulation necrosis 
requires well controlled laser parameters to reach the 
desired thermal action in a predetermined volume of tissue. 
The technique of microdisruption by this laser has become 
widely accepted for treating several pathological conditions 
of the eye, both for the anterior and for the posterior 
capsules. Many other lasers which are used in different 
branches of medicine including angioplasty, ophthalmology,- 
dermatology, dentistry and urology all require a precise and 
controllable ablation of tissue with minimum thermal and non- 
thermal damage to surrounding areas. These lasers are mainly 
excimer lasers (ArF,KrF,XeCl), tunable dye lasers, solid- 
state lasers (Alexandrite, Er:YAG, Ho:YAG, diode), chemical 
lasers (CO2# HF) and free electron lasers (FEL). Since, the 
output wavelength of FEL is tunable and ranges between (0.7- 
3)jim, its 2.9jun wavelength can be used for tissue ablation. 
Some of the applications of these lasers are considered in 
the next chapter.

Generally, a doctor needs an instrument which operates 
reliably on the push of a button and at best it should be a
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device that can be used for all medical treatments. But at 
the moment such a laser is not available and until then one 
must refer to a number of important points before any 
operation (i) - careful selection of laser and optimization 
of its parameters and accuracy for clinical use (ii) - easy 
delivery of the radiation to the location of the treatment. 
Once the radiation is transfered to the interaction area its 
ultimate result is the utmost importance. In most general 
terms the desired effect is selective absorption of radiation 
by cells and minimizing all other physical processes. Thus, 
the wave-length, energy level and pulse duration have to be 
chosen very carefully. In recent years the number of medical 
applications of lasers has been increasing rapidly with a 
great deal of emphasis on the physical mechanisms and the 
technology. One should therefore appreciate that in this 
particular field of activity neither the physicians nor the 
physicists can possibly alone gain a complete understanding 
of laser-tissue interaction. According to Spells (41) one of 
the difficulties about a purely physical approach is that the 
models selected by physicists usually ignore the structure of 
biological material often with disastrous results. It seems, 
likely however to expect that as the laser grows more 
reliable so will the models explaining their effects upon 
biological systems (42).

Several techniques have been used to alter the anterior 
curvature of the cornea to achieve a correction of its 
refractive power. Excimer lasers, particularly ArF at 193nm, 
have the potential for such clinical applications which makes 
them attractive as a non-contact corneal sculpting or non
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destructive surgical correction of defective vision. Photo 
refractive keratectomy (PRK) is under investigation for 
vision correction and involves the use of the 193nm, ArF 
laser to remove (ablate) tissue from the corneal surface. 
This is exclusively applicable to cases of myopia (near 
sightness) where the laser ablates layers of cells near the 
apex of the cornea, flattening its curvature. Since PRK 
technique involves tissue ablation and reduces the cornea's 
curvature, it is limited to correcting myopia. Clinical 
research on PRK uses 193nm ArF lasers operating at a fluence 
level of 160-195 mJ/cm* and a pulse repetition rate of about 
10Hz. Experiments (43-45) have shown that this wavelength 
produces the cleanest material removal for corneal tissue,
with highly controllable cuts depths, at a rate of about
0.25-0.35yim/pulse. The interaction is thought to proceed via 
direct bond breaking in a mode known as ablative photo­
decomposition. Another technical problem with the excimer 
laser and PRK procedure, apart from its limitation to myopia, 
is an effect called 'corneal remodelling'. Before collagen 
removal can effect re-shaping, the epithelium and Bowman's 
membrane must be removed. These layers regenerate after 
surgery, but often to an undesirable thickness. The post 
operative use of topical steroids has succeeded in correcting 
this problem. The procedure for treating hyperopia and higher 
degree of myopia is normally called radial thermal
keratoplasty (RTK) which is based on the thermocoagulation of 
corneal collegen.

The greatest advantage of using mid IR laser light 
(Ho:YAG Er:YAG) is that corneal tissue can be removed from
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within the cornea with only minimal damage to the epithelium. 
This method works by selectively vapourizing cells within the 
cornea. The tissue readily absorbs the vapour and collapses 
to fill the void, thus changing the shape of the cornea. One 
major problem of these systems is thermal damage to the 
collegen tissue. Endothelial damage is possible because of 
penetration of heat and thermal damage can cause an 
alteration of the helical structure of collegens. This would 
result in abnormal birefringence and irregular re- 
epithelial ization. Plasma-mediated ablations were performed 
by Niemz etal (46) on human corneas with a short pulsed near 
IR Nd:YLF laser system at 1053 nm. The pulses were 60 psec in 
duration at a repetition rate of 1 KHz. Because of the short 
pulses of the Nd:YLF opthalmic laser and the ability to focus 
its TEMoo beam to small spots it might also be useful for 
intrastromal refractive surgery (46).

There is currently much interest in the development of 
fibre delivery systems for tissue ablation using pulsed IR 
and UV lasers (47,48). Proposed ophthalmic applications 
include the formation of sclerostomies for management of 
glaucoma (49), lens ablation (50), and the cutting vascular 
membranes within the eye (51). Despite the usefulness of 
excimer lasers under correct conditions, there are however 
unresolved problems arising from the use of these lasers in a 
clinical environment. These include potential mutagenic and 
cataractogenic effects (52), the limited fibre lifetime at 
the shorter UV wavelength (53), and the undesirable toxicity 
of associated fill gases. An alternative approach has been to 
use mid-infrared laser wavelengths where tissue absorption is
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strong and where there is a correspondingly limited zone of 
thermal injury, but where fibre delivery is efficient. Of 
particular interest for use in this regime are the Er:YAG, 
Ho:YAG and HF lasers which have been demonstrated in pulsed 
operation to produce well defined incisions with small zones 
of thermal injury (54-58).

Of these the HF laser has been recognised as valuable as 
its wavelengths corresponds to strong IR absorption peaks of 
water (59). However, whereas a considerable body of 
information on the fibre delivery of relatively long pulse 
(10-1000pts) mid-IR Er’.YAG and Ho:YAG lasers has been reported 
(57,58,60,61) no information is available on the shorter 
pulse (<l|is) HF laser.

In this thesis the possibility of optical fibre delivery 
of UV and IR (HF) lasers under different conditions for 
ablation of biological materials is studied. Etch rate and 
photoacoustic measurements are used to study the parameters 
governing the etching process of tissue. The main emphasis of 
the thesis is on the application of HF laser for ablation of 
ophthalmic tissues in different conditions, though some work 
is also done with 193nm, 248nm and 308nm excimer lasers.

Chapter 2 outlines the basic photophysical mechanisms 
and principles involved in the laser-tissue interaction. This 
is important to any laser user for otherwise one would not be 
able to predict the outcome of the experiment. This is 
followed in Chapter 3 by experimental work concerning the 
coupling of UV light through different types of fused silica 
fibres and an investigation of their transmission properties 
for XeCl (308nm), KrF (248nm) and ArF (193nm) laser
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radiation. Chapter 4 utilizes some of these fibre trans­
mission results to study the ablation of organic polymers 
such as polyethylene terepathalate and polyimide and also 
lens tissue. The etch rate measurements and photoacoustic 
results are used to derive effective absorption coefficients 
and thresholds fluences for ablation with the fibre delivered 
UV lasers. Scanning electron microscopy (SEM) is also used to 
to evaluate the ablation sites produced with the UV lasers.

Since the mutegenity and carcinogenic effects of UV 
lasers are not completely resolved much attention has 
recently been given to development and application of pulsed 
mid-IR lasers as alternative sources for tissue ablation. Of 
particular interest is laser operation near 3um where water 
exhibits a strong absorption peak and the beam penetration 
depth is restricted to a similar range to that with excimer 
lasers. Under these conditions of strong absorption cleaner 
surgical incisions can be made with minimal thermal damage to 
adjacent sites. Although, lasers such as ErsYAG and Ho:YAG 
have already extensively been used for different clinical 
uses (57,58,60), these studies have been restricted to long 
pulse durations ( 250]is) which leads to a relatively large 
thermal damage zone. It was, therefore, of interest to study 
the effects of shorter pulse duration mid-IR lasers on 
tissues to see if similar quality of incisions to those with 
the excimer lasers are achieved.

To pursue this objective a short pulse (400ns, multi- 
line) HF laser was designed and constructed which is 
described in Chapter 5. In Chapter 6 studies of the delivery 
of pulsed HF laser radiation with output wavelengths ranging
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between (2.6-3)pn through a fluoride glass fibre are 
reported. This is then followed in Chapter 7 by an invest­
igation of the ablation of ophthalmic tissues under different 
conditions (air and saline) using the direct and fibre 
delivered HF laser. The etch rate measurements and photo­
acoustic studies were again used to provide information on 
the effective absorption coefficient, threshold fluence; SEM 
evaluation of the interaction zone was also carried out for 
specific tissue samples. For bovine cornea SEM evaluation of 
the irradiated site showed that the fibre-delivered HF laser 
produced sharply defined incisions. This is consistent with 
the high effective absorption coefficient in this spectral 
region and the short laser pulse duration which minimizes 
heat transfer to adjacent tissue.

In order to gain a better understanding of the laser 
tissue interaction and ablation in a liquid field with the 
optical fibre a number of experiments were carried out using 
nanosecond photography (shadowgraphy) to study vapour cavity 
growth (optical cavitation) at the fibre tip. These results 
together with photoacoustic and ablation rate measurements, 
in saline with the fibre delivered HF laser are described in 
Chapter 8. Similar types of experiments with longer mid-IR 
laser pulse durations such as 25ps Er:YAG (62), 250p.s Ho:YSGG 
(63), and 500jis Ho:YSGG (64) have been carried out elsewhere. 
Of particular interest of this work was an assessment of 
relative contribution of the direct laser interaction, 
acoustic waves and bubble formation on tissue ablation and 
attendant damage range. The main conclusions and a discussion 
of this work is given in Chapter 9.

11



A few ground rules that seem logical in measuring the
success of new procedures are as follows:
1. High technology simply for the sake of high technology 

is no improvement, and not a reason to supplant old 
procedures.

2. New procedures should show clinically significant 
advantages over our present practices before they are 
generally accepted as part of the norm.

3. Prospectively randomized clinical trials should be the 
standard for verifying results of new technology.

4. In determining when technology is acceptible, we must 
consider the financial cost and the expected benefit to 
society.

"We all applaud the success of scientific 
advances, but are often careless in 
determining whether new technology is 
an improvement over the status quo or 
merely adding more excitement (and 
often more expense) to the nature of 
how something is done". (65).
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Chapter 2
Review of some recent medical applications of lasers.

2.1 - Interaction processes:

A brief discussion is now given of the basic mechanisms 
involved in laser-tissue interactions, with examples of 
specific applications in each of the broad areas considered. 
Fig. (2.1) shows the possible effects in the laser-tissue 
interaction and in most general terms the wanted effect is a 
cell specific- absorption in the irradiated cell material, 
minimizing all other physical processes. Hence, the wave­
lengths have to be selected carefully.

Fig. 2.1 - Effects in laser-tissue interaction.
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The photophysical processes are conveniently grouped under 
the following headings:
(1) - photothermal, (2) - photochemical, (3) - photomechanical, 
and (4) - photoablative.

1 - Photothermal effect.
The thermal action of laser light on living tissue can 

be visualized by considering the simplified block diagram 
shown in Fig. (2.2). The actual processes involved may well 
be more complex.

necrosis

Fig. (2.2) - Model of laser thermal action in living tissue.
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Light conversion
Thermal effects are induced by the conversion of laser 

light in to heat. The optical characteristics of the tissue 
determine the surface reflection and the distribution of the 
incident laser radiation in the tissue. The distribution of 
absorbed energy within the irradiated volume is governed both 
by the absorption and by the scattering properties of the 
tissue at the specific wavelength used. For example, at the 
Nd:YAG wavelength of 1.06um, Halldorsson (1) has used a value 
of 0 . 1 1  cm-i for absorption coefficient which corresponds to 
an absorption depth of about 9cm. In tissue, however, the 
actual penetration is limited by scattering to a few mm. 
Solid-state Er: YAG lasers operating at 2.94jim and the 
chemical HF laser operating on a single line at 2.9pm have 
wavelengths that correspond to an absorption peak of water = 
(<Y~10«cm-i) and the CO2 laser operating at about lOum has an 
absorption depth of about 20pm ie, its absorption coefficient 
is about ten times smaller than those of Er'.YAG and single 
line of HF lasers. Therefore every wavelength has a different 
penetration depth which is mainly limited by scattering and 
the absorption mechanism inside tissue.

On heating tissue its physiochemical structure changes 
along with its optical properties. Halldorsson [1 ] using an 
IR camera concluded that there exists a critical power 
density above which the rate of temperature rise was 
sufficiently rapid to modify the superficial tissue, and the 
thermal reaction of absorbed radiant energy in tissues during 
exposure is strongly dependent on the duration and area of 
the exposure. Thermal effects are produced by both pulsed
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lasers and continuous wave lasers. In pulsed laser exposures 
it is important to notice that the temperature rise in 
tissues exposed to relatively moderate irradiant energy 
densities can reach a level (>100°C) at which vapourization 
can occur. The final temperature is very dependent on the 
laser parameters such as energy, beam divergence, pulse 
duration, and on the target characteristics eg. absorption 
and scattering coefficients, refractive index and reflection 
coefficient.

Heat transfer

The two important mechanisms of heat transfer in tissue 
are conduction and convection. The separation of cells by 
their membranes restricts heat convection to a microscopic 
scale (2). When a temperature gradient exists in a stationary 
medium, heat transfer will occur across the medium by 
conduction. The heat transfer is proportional to the 
temperature gradient (dT/dt) and to the thermal conductivity,
K. Another important thermophysical property is the ratio of 
the thermal conductivity of the medium to the thermal 
capacitance. This ratio is called the thermal diffusivity, k. 
A large value of thermal diffusivity implies that a medium is 
more effective in transferring energy by conduction than it 
is in storing energy. Conduction during periods between 
pulses allows laser-generated heat to diffuse in to the 
tissue and prevents the surface temperature exceeding the 
vapourization point (3). The rise in temperature is almost 
instantaneous and measurement of such fast thermal effects 
presents some technical difficulties. A typical thermocouple 
is not suitable for measuring a temperature increase caused
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by pulsed laser devices, since accurate measurements can be 
made only after thermal equilibrium between the probe and the 
material has been established. In order to prevent the 
thermal diffusion into adjacent areas, the pulse duration , 
should be much smaller than the relaxation time, tr (or the 
characteristic cooling time of material) which is defined by 
Cars law and Jaeger (4) as:

d2
tr ” " " " 2.1

4k

1 K
where d = and k = 2 . 2

a Pc

&,C(> k/ X, P and C are the absorption depth, absorption co­
efficient (cm-i), thermal diffusivity (cm2s-i), thermal 
conductivity (Wm~i °K-i), density (kg m-3) and specific heat 
capacity (J Kg-2 °K-2)*
For example, for tissue where it contains about SOSfe water,' 
it can be assumed that at wavelength of 2.94pm, the
absorption coefficient is 13000 cm- 1 which gives an 
absorption depth of about 0.8pm. Also assuming k 2H*30 x 10~3 

cm2 s_1 (water), it can be deduced from the equation (2 .1 ) 
that the thermal relaxation time tr, is approximately 1 .2jis.
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i. Adiabatic case
For a pulsed laser of duration r ,heat flow during pulse 

can be neglected if the absorption depth is much greater than 
the thermal diffusion depth;

ii. Diffusion case
For a pulsed laser of duration T , heat will flow or 

diffuse to surrounding areas if absorption depth is much 
smaller than thermal diffusion depth.

In our experiments which will be discussed in the following 
chapters, is about 400ns this gives a thermal diffusion 
depth of 0.45|im. Therefore, the case (i) is just satisfied. 
Conduction during the pulse becomes important only when' 
exposures are relatively long, for example > 1ms. Therefore, 
highly localized region of thermally induced necrosis can be 
produced if the pulse duration and exposure time are not 
clearly defined. In an experiment Walsh et al (5) studied the 
effect of a pulsed CO2 laser on tissue using different pulse 
durations. They found depths of damage of 50jim, 70jim, 170pn 
and 750 jim for pulse durations of 2psec, 600 jisec, 2msec, and 
50 msec, respectively. This clearly shows how a depth of 
damage can vary with the pulse duration of laser.

There are a number of reports on measurements of 
temperature during laser irradiation (6 ) and following a 
single pulse (7). It has been confirmed using gas

ie

ie
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chromatographie analysis of the vapour-phase photoproducts 
liberated during continuous wave Argon laser irradiatiion 
that vapourization is caused by a thermal process (8). In 
contrast, the underlying mechanism of excimer laser photo­
ablation has been the subject of some controversy. There is 
convincing evidence for both a non-thermal and thermal 
mechanism in the case of, for example, ArF irradiation. 
Srinivasan (9) has suggested that excimer laser photoablation 
proceeds on a non-thermal basis because of the high 
absorption coefficient of organic materials for UV light, 
together with the high peak powers attainable with these 
lasers. The influence of energy density and interaction time 
on specific interaction processes has been given by Muller 
et al (10), see fig (2.3). The term 'photoablative decom­
position' was used to describe the process by which direct 
bond breaking resulted in the production of small volatile 
fragment molecules. According to Lune (11) three empirical 
observations favour a photochemical process as the mechanism 
responsible for excimer laser-tissue ablation:

Fig. 2.3 - Energy density - interaction time diagram (10).

power density |\V/cm-| 

A

interaction-time |s|
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i - Histologically evident thermal injury is absent,

ii - The velocity of fragments directed away from the tissue 
surface exceeds that expected from thermally evaporated 
fragments.

iii- Temperature calculations based on measurements of the 
velocity spread of ablated particles and internal degrees of 
excitation yield a temperature below that corresponding to 
thermal evapouration.

On the other hand, the energy of a single IR photon 
(0 .1 2ev for CO2> 0.43 - 0.48 ev for HF lasers) is far less 
than that of most biomolecular bonds, and as a result direct 
photochemical bond disruption is unlikely to occur with 
infrared lasers. Consequently, the results obtained with such 
lasers suggest that the absence of thermal injury or its 
restriction to small zone is the result of a thermal process 
in which thermal diffusion has been minimized. Results 
observed with excimer laser (or high peak power CO2 laser) 
irradiation also contradict the notion that excimer tissue 
ablation is a non-thermal event. Signs of thermal energy have 
been observed by Isner (1 2 ) who extended the time of 
irradiation of cardiovascular tissue with focused KrF laser 
beyond 200 secs. It was suggested that these prolonged 
exposures eventually allowed significant heat flow from the
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Hyperthermia
This is one of the thermal effects and manifests itself 

when there is a small increase of temperature above the 
physiological temperature to about 41-45°C. There is bio­
logical evidence that heat can destroy cells directly, can 
sensitise them to the effects of ionising radiation and can 
modify the cytotoxicity of some drugs. There are four 
different techniques in use and an important aim is a method 
of producing therapeutic temperatures throughout tumours deep 
in the body in a predictable way.

(i) - Electromagnetic technique
This involves the deposition of energy throughout a 

substantial volume of normal tissue as well as the tumour. 
Possible differences in blood perfusion within the tumour and 
normal tissues are then relied on to obtain differences in 
temperature. One method is to use a pair of disc electrodes 
operating at between 8 and 13 MHz. Another method is to 
surround the patient with a circumferential aperture 
radiating an E.M. field with a frequency about 70Hz.

(ii) - Ultrasound techniques
For ultrasound the frequency range extends from 300KHz 

to 3MHz. The most significant disadvantages are the signifi­
cant differences in acoustic impedance between soft tissue 
and gas or bone, causing considerable reflection and little 
transmission across these interfaces; there is also high 
absorption for ultrasound in bone. The main advantage is the 
possibility of scanned focused beams in the range of 300-750 
KHz to achieve selective heating of deep tumours by non­
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invasive means.

(iii) - Interstitial techniques
•,v-

The goal is to achieve more control over the temperature 
distribution since it is a function of blood flow, thermal 
properties and tissue geometry. The first method is to use RF 
power at a frequency between 500KHz and 10MHz for deep 
tumours and the second method involves implanting small 
coaxial microwave antennas typically (l-2 )mm in diameter in 
to the superficial tumours. The frequencies are in the range 
range of 300-2450MHZ. The third technique is to implant 
•seeds' of ferromagnetic material into the tumour and 
subsequently heat them in an RF magnetic field. The ferro­
magnetic material is heated to a much greater extent than the 
surrounding tissues and a local region of therapeutic 
temperatures can be achieved due to heat transport from the 
seeds.

(iv) - Laser-induced technique
In surgical applications, lasers can provide an accur­

ately controllable means of removing unwanted biological 
tissue by vapourizing it. Alternatively, a lower power can be 
used so that less severe thermal damage is caused which the 
body then heals with scar tissue or healthy regenerated 
tissue. The medical use of lasers can rely on either of these 
techniques but laser hyperthermia is based on the second 
method. A low power beam typically of 1-2 W can be directed 
down an optical fibre to the tumour to be treated. The 
optical energy in the laser beam is absorbed by the tissue 
and converted to heat. Although temperatures close to the
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fibre tip are quite high, they fall away rapidly as distance 
from the tip increases as a consequence of thermal conduction 
and the cooling effect of perfusion. This technique requires 
a judgement about the optimum position for the fibre tip, 
length of exposure, power used, and choice of laser type. The 
scattering and absorption depends on the laser wavelength, 
and is chosen to be suitable for the intended application 
(13). It is also believed that a pulsing frequency slower 
than 40Hz would decrease the amount of hyperthermia. However, 
Matthewson (14), demonstrated that the consequences of 
exposing rat liver to Nd:YAG laser light at 1W for 400 s are 
no different, whether the laser energy is delivered in 100 jis 
pulses at 10Hz, in lOOps pulses at 40Hz, or in CW form. It is 
possible for theoretical analysis to provide an insight into 
the effects of treatments of this kind, thereby complementing 
the experimental work. The two approaches can illuminate each 
other and information gained from both can help the surgeon 
in the choice of treatment. Such mathematical analysis can be 
found in the references (15,16).

Photocoagulation

Coagulation is not an ordinary type of burn that we are 
familiar in our every day life, but manifests itself in a 
macroscopic change observable as a blanching of the 
irradiated surface. This whitening signifies increased 
reflection of all visible wavelengths and is caused by a 
fundamental change in the structure of the tissue which leads 
to increased scatter, multiple refraction and reflection of 
the illuminating light.

Coagulation corresponds to an irreversible necrosis of
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tissue, and to shrinkage of collagen fibres that leads to 
vessel occlusion. This effect is required to stop haemorrhage 
and to destroy tumours. It is likely to occur above 50<>C for 
heating durations of a few seconds. However, above about 80<>C, 
collagen denaturation occurs. At temperature above lOOQC 
vapourization of intracellular water occurs. At still higher 
temperatures there is further decomposition of the organic 
molecules, resulting in carbonization and burning of the 
tissue. It is important to notice that the shrinkage of 
collagen fibres leading to vessel occulsion is because of the 
cell membranes that are loosened and hence the cells become 
oedemized (or 'dropsy'). Protein fibrils migrate out of the 
cells and when the tissue cools down these will adhere to 
each other, thus fusing neighbouring cells. This effect can 
be utilized for tissue welding to prevent haemorrhage and 
also to destroy tumours. Mordon (17) conducted a series of 
invivo experiments on the livers of wistar rats which were 
selected as a suitable homogenous medium. Pulsed and CW 
Nd:YAG lasers were used, the former providing 500W peak power 
and pulse durations of (2-500)ms. The CW YAG laser had a 
maximum continuous power of SOW. The surface temperature of 
tissue during and after the irradiation was measured by using 
an IR thermographic video camera. Driver et al (18) found the 
power levels of coagulation and charring at the end of plane- 
cut fibres immersed in whole blood and red blood cells lower 
than those required to give a clinically useful dose in a 
reasonable time.
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Vapourization

When tissue is heated above 100°C, the cell water boils 
and in the process of the conversion of water into steam the 
cell walls are ruptured explosively, allowing the steam to 
escape. Tissue 'ablated' in this way is commonly said to have 
been 'vapourized'. For water, the heat of vapourization is 
much higher (2200 Jg-*) than for most other substances. This 
allows the steam to carry away most of the heat which went 
into its creation, thus preventing further heating of the 
adjacent tissue. The overall effect of the boiling transition 
is that the spread of heat and therefore damage to tissue is 
limited more or less to the site of absorption of the laser 
radiation. When the water has dried up continued irradiation 
rapidly increases the temperature of the residual material 
until a temperature of between (300-400)<>C is reached. At 
this point the tissue blackens and becomes carbonized and 
begins to outgas and smoke. At over 500QC in the presence of. 
atmospheric oxygen, tissue will burn and evaporate. To 
minimize thermal denaturation of tissue adjacent to the site 
of exposure, short-duration, high power lasers such as CO2 or 
HF are required. As the amount of tissue removed at each 
pulse is very small many pulses will be needed to make 
incisions of any appreciable depth. The peak powers and 
repetition rates must be optimized in relation to the phase 
change of water from liquid to steam. One of the important 
applications of COt lasers is the treatment of lesions in the 
uterine cervix. Rubinstein (19) has shown that C02 laser 
vapourization of cervical lesions gives excellent results.
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2 - Photochemical effect
It can be seen in fig. (2.3) that at the very end of the 

exposure scale, for extremely long interation times ( 1000 s) 
and low power densities (below 1W cm-*), lies the family of 
photo chemical transformations. Two therapeutic modalities 
based on photochemistry are used, termed phototherapy and 
photochemotherapy. In phototherapy, the effective light is 
absorbed by endogenous molecules in tissues. Photochemo­
therapy involves administrating an exogenous photosensitizing 
drug to the patient, then, after an appropriate length of 
time, the diseased area of the body is illuminated with light 
of wavelengths absorbed by the photosenitizer. A photosen­
sitizer is defined as a chromophore compound capable of 
causing light-induced reactions in molecules that do not 
absorb light (20). The essence of photochemical interaction 
lies in the exogenous chromophore receptor which acts as a 
photocatalyst: It is first activated by resonant absorption, 
thereby storing energy in one of its excited states, only 
when it deactivates can a reaction take place, but with a 
reactant that is not the photosensitizer. It is the release 
of this highly reactive cytotoxic species which cause 
irreversible oxidation of some essential cellular component 
and destroy the affected host tissues (2 1 ).

Photodynamic therapy (PDT) as a particular case of 
photochemotherapy is mainly used for treatment of different 
types of cancers such as lung (22,24), brain (25,26) and 
bladder (27,28). In PDT the photosensitizing drug such as HPD 
(see Fig. 2.4) causes no chemical damage to the irradiated 
cells or tissues in the absence of oxygen. One mechanism in
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which oxygen is involved is that it acts as an energy 
acceptor from the photo-excited sensitizer. In this process 
it is converted into a reactive highly toxic species, singlet 
oxygen (*0 2 )• Since the absorption band of most photosen­
sitizers lies above 600nm, they can be photoactivated by 
i1luminatiion with light in the red spectral region such as 
He-Ne laser 632nm.

Generally, the physics involved in PDT includes light 
delivery, light detection, optical characteristics of tissue, 
the behaviour of light within tissue and methods of 
quantifying the photosensitizor in vivo. Many of these topic 
have already been reported in earlier publications. A good 
overview has been given by Wilson (29).

Fig. (2.4) - Absorption curves of various bilogical chromo­
spheres (30).
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3 - Photomechanical effect
The main physical element of the electro-mechanical mode 

of interaction is rooted in the photoproduction of extraneous 
free electrons by a process known as 'electron avalanche*. 
This can occur when powerful lasers are focused at a target, 
creating high irradiance levels eg. 2 1 0 io w/cm* for ns and 
1012 W/cm2 for pS pulses. This locally generates a high 
electric field (106-107) V/cm which can become comparable to 
the average atomic or intermolecular Coulomb electric field. 
These large fields can induce dielectric breakdown of the 
target material resulting in the formation of a micro plasma 
ie, an ionized volume with a very large free electron 
density.

At this stage the avalanche process begins to grow when 
in the field of molecules or ions, free electrons already 
produced absorb incoming photons and convert this energy into 
kinetic energy, thereby increasing their velocity. When their 
relative kinetic energy is sufficient these may produce 
further ioniation and hence an 'avalanche* breakdown. The 
shock wave associated with the plasma expansion can then 
generate localized mechanical rupture where the pressure rise 
exceeds the yield strength of tissue.

In the initial ionization phase, energies greater than 
lOev must be supplied to bound electrons in order to separate 
them from individual molecules. For Q-switched, pulses (3- 
1 0ns duration), ionization causes the focal heating of the 
target, where local temperatures exceed several tens of 
thousands of degrees are reached. For very short mode-locked 
pulse trains (2 2 0pS individual pulse) ionization can occur
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through 'multiple photon absorption'. Due to the extremely 
high irradiance at the focal point, photons can add 
coherently and provide the ionization energy that produces 
free electrons. The threshold irradiance for optical 
breakdown is higher for picosecond mode-locked pulses than 
for nano-second Q-switched pulses. For example, in air, the 
threshold for a single 25 pS pulse is about 10*« W/cm* 
whereas it is only 10^ W/cm2 for a 10ns pulse (31). For 
biological systems, the fluence for breakdown is similar for 
a mode-locked pulse train and a Q-switched pulse (210Jcm-2), 
even though the peak power density is on average 100 times 
higher for pS pulses (32).

The presence of impurities in the target enhances 
thermionic emission but has little effect on multi-photon 
ionization. Plasma shielding can be useful and important in 
ophthalmology - once a plasma is formed it 'shields' 
underlying structures which are in the beam path by absorbing, 
and scattering the incident light. Light absorption by the 
plasma is through the same process as in plasma growth, 
namely 'inverse - bremsstrahlung'. In the case of ns pulses, 
in addition to absorption, the plasma scatters light, through 
Brillouin scattering and stimulated Brillouin scattering 
(SBS). In the former case, the light is scattered by 
thermally excited acoustic waves and shifted in frequency 
equal to the frequency of the phonons characteristics of the 
material. In SBS which occurs at higher irradiances, the 
laser light itself creates the acoustic wave which scatters 
it. In an experiment Fleix et al (33) reported that shock 
waves begin as soon as the plasma formation occurs and expand
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at a hypersonic velocity of 4km/s. The wavefront propagation 
falls to sonic velocity (1.5 km/s in water) within 200pi. The 
shock wave is followed by cavitation or bubble formation.

To prevent retinal injury during intra-ocular surgery 
using the Nd:YAG laser a strong focused optical system can be 
used so that the beam diverges rapidly beyond the focal point 
of the delivery system. The retinal effect of copper vapour 
laser has been studied (34) where each pulse had a duration 
of 15ns, maximum energy of 3mJ and a peak power of more than 
lOOkW. The histological analysis of the lesion produced at 
pulse rates of 4kHz showed an undesired retinal effect, 
whereas the use of 18kHz showed a desired coagulation effect. 
Recently, Stern et al (35) used ns, pS and fS lasers at 532 
and 625nm for corneal ablation. They concluded that excisions 
made with pS and fS lasers were ultrastructurally superior to 
those made with ns lasers. This is due to the fact that with 
ns lasers, the smallest plasma that can be created is much 
larger and more energetic, because the pulse energy required 
for optical breakdown is much higher than for pS lasers. 
Also, with pS lasers at pulse energies just above the 
ablation threshold, the shockwave and cavitation bubble 
should be much smaller and less damaging than with ns lasers, 
and the fluence at the retina should be much lower (3 5).

4 - Photoablation effect

In 1982, the term ablative photodecomposition was used 
by Srinivasan et al (36) when they reported that the ArF 
(193nm) excimer laser can be used for etching polymeric 
materials with little or no thermal damage. Since then the 
ablation of polymers and biological tissues has been studied
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extensively by other investigators (37-41). This effect 
occurs when using high laser fluences and short pulse 
durations so that the effect is in the form of a small but 
fast and strong explosion. Under these conditions, the 
irradiated tissue volume is modified and then removed (42). 
In interactions when water is not the main absorber ie, with 
visible radiation,. there is considerable damage such as
dehydration or charring (43). However, at laser wavelengths 
which match the water absorption well, particularly in sub­
microsecond region, damage to the adjacent material can be 
negligible. The rapid vapourization of the water alone can 
provide enough propulsive force to expel the adjacent tissue 
which is ablated (44). Infrared photons with energies of 
<1 .5ev/photon give rise to vibrational and rotational
excitation of the absorber. By absorption of many repeated 
photons, enough energy to overcome the activation barrier can 
be provided so that thermal decomposition of the material 
will result. Ultraviolet photons with energies >3.5ev give 
rise to electronic excitation which can lead to photochemical 
decomposition. In the U.V. range, the principal coupling of 
laser wavelenghth is to chromophores in the stuctural
proteins. In the UV laser-tissue interaction rapid bond 
breaking is believed to be a photochemical process that 
occurs from a high-lying electronic state. This will in turn, 
cause a local increase in the pressure in the irradiated
volume which will lead to ablation. Comparative studies of 
synthetic polymers (45) and bovine cornea 'in vitro' has 
shown remarkably similar UV photoreactions in both materials. 
This has been attributed to the similarity of their
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respective polymeric structure. The photoablation effect does 
not exist for fluences below a certain threshold depending on 
material. Once this threshold is exceeded a single pulse can 
remove material. The thickness of the tissue layer removed 
with one pulse increases with the fluence. However, at high 
fluence the ablation rate tends to saturate due to plasma 
sheilding of the laser beam or by optical changes of the 
irradiated tissue.

Generally, the physics of the process involves: absorp­
tion of the photon, bond breaking, and ablation of the 
products. However, to understand the chemistry of the 
decomposition of organic matter by laser radiation, it is 
essential to have information about: the rate of material 
transformation, the time scale in which the reaction occurs, 
and the composition of the products (46). The main reasons 
for considering this process as 'non-thermal• are because 
the heat transfer to non-irradiated regions can be neglected 
and because of the short pulse duration, the ablated tissue 
material takes most of the absorbed laser energy away from 
the remaining tissue. Therefore, only a very thin layer of 
the order of the optical penetration depth is thermally 
damaged. Fig. (2.5) shows the physical principles in laser 
photoablation of tissue.
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Fig. (2.5) - The physical principles of laser photoablation.
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Time-dependent effects

In order to produce a physical effect, laser energy must 
be absorbed. This absorption is dependent on the optical 
properties of that tissue. In effect, certain anatomical 
structures will become generators of thermal, electrical, and 
acoustical energy that will ultimately produce the damage. 
According to Wolbarsht (47) the direct effects of the laser 
energy in any kind of application site often produce 
immediate damage over a large area. This process has been 
termed 'physical amplification'. There is also a delayed 
amplification of the size of the exposure site in a living 
system that requires seperate understanding. This delayed 
change has been termed 'biological amplification'. A combined 
example of these effects can be seen in for example CO2 laser 
surgery where the main absorber is water and peak powers are 
low. The laser radiation and resulting heat give the physical 
amplification mostly by thermal dénaturation and steam 
formation, while the biological amplification is achieved by 
some chemical transmitter such as histamine released by 
injured cells or haemorrhage and edema (47). Another example 
of physical amplification is the bubble formation resulting 
from the boiling of water during the thermal events of laser 
exposure in brain surgery. When water is vapourized within 
the cavity this leads to explosive displacement of the brain 
stem and hence instant death.
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2.2 - Examples of clinical lasers

The effects created by surgical lasers - namely cutting, 
vapourizing, coagulation and haemostasis are all caused by 
heating of the tissue. The wavelength of the laser is perhaps 
the most important parameter in determing how efficiently 
this heat transfer occurs, and over what volume of tissue. In 
order for light to heat tissue it must be absorbed. If it is 
reflected from or transmitted through tissue no effect will 
occur, and if the light is scattered it will be absorbed over 
a larger volume so that its effects will be more diffuse. 
Cutting is simply vapourizing tissue along a line using very 
small spot sizes of (100-500)pn. Defocusing the beam 
slightly, using higher power to maintain power density and 
cutting with this would result in less precision but better 
haemostasis for vascular areas. Coagulation of tissue with a 
laser has a broader meaning than simply achieving 
haemostasis, ie the laser has the ability to destroy cells by 
denaturing the protein without necessarily vapourizing it. 
The cutting and other effects are mainly determined by the 
absorption characteristics of the laser beam in water which 
is the main component of soft tissue. Haemostasis is achieved 
by sealing the ends of the capillaries or vessels by laser 
heating. The greater the blood flow through a vessal, the 
more it acts as a heat sink and the greater the difficulty in 
achieving the end result.

The choice of wavelength can therefore change the depth 
of penetration of the light, and hence the region in which 
heat is deposited. Laser-induced heating may result in 
changes in the configuration of many types of macromolecules
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within the tissue. This can, in turn, result in alteration ofl
membranes, denaturation, dehydration or carbonization of 
molecules which leads to tissue modification. Thus, the 
tissue properties change during irradiation. Irridiation with 
short pulses may lead to very rapid temperature rises in the 
tissue and create pressure waves (ie acoustic transients) 
which can cause damage away from the irradiation site. Such 
damage may be actual tissue rupture, or changes in membrane 
function. For a complete assessment of laser-tissue 
interaction, both photophysical events and photobiological 
response are needed. It is the latter which makes laser 
interaction with living tissue more complicated than those of 
inert materials.

2.2.1 - Solid-state lasers
These lasers use small concentrations of impurity ions 

doped into an ionic crystal or glass host material. By far 
the most commonly used solid-state laser is Nd:YAG with the 
strongest wavelength lasing at 1.06um. Other lasers with Nd3+ 
ion impurities in different host materials are NdrYLF 
(1.06pm) , Nd: YAP (1.08pm), Nd:Si glass (1.062|im), and Nd:P 
glass (1.054pm). Nd lasers appears to be useful for liver, 
kidney and bladder tumour surgery because of their good 
transmission in fluid environment and haemostatic effect. 
Nd:YAG laser radiation, for example, scatters over a large 
blood volume of tissue causing coagulation as deep as (2-6 )mm 
if desired. At high power densities it will vapourize but 
leaves an underlying deep layer of coagulated tissue beneath 
the base of the crater. The vapourization of tissue occurs 
when cellular fluid is heated to its boiling point. The rapid
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rise in intracellular temperature and pressure causes an 
explosion of the cell, throwing out steam and cellular 
debris.

The Nd:YAG laser can be frequency doubled to produce 
output at a wavelength of 532nm. The 532nm output is mainly 
used for cutting, coagulation, vapourizing, and if a large 
'bleeder' occurs or deep coagulation and ablation of large 
masses are required then the wavelength can be switched to 
1.06um. Both wavelengths are easily delivered through optical 
fibres.

The second class of solid-state lasers emit in the mid- 
IR and are based on the use of high concentrations of Er3+ 
ions in various host materials eg. Ho:YLF (2.06pm), Ho:YAG 
(2.1pm), and Er:YAG (2.94pm). These lasers have opened up the 
possibility of new and improved surgical techniques because 
of their relatively strong absorption in biological tissue. 
This is illustrated in fig. 2.6 where the absorption depth 
varies as a function of wavelength for both water and 
haemoglobin. Absorption length in water — and oxyhaemoglobin —

Wavelength (nm)

Fig. 2.6 - Absorption depth as a function of wavelength for 
water and haemoglobin.
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The consequence of this strong absorption is rapid and 
efficient ablation of tissue leading to minimum heat loss by 
conduction and hence minimum thermal damage. Walsh et al (48) 
found that the normal spiking-mode pulses of Er:YAG laser 
typically leave 10-50jim of collagen damage, and at high 
fluences the damage produced in cornea and aorta was even 
higher. Q-switched pulses caused less thermal damage in all 
tissues. The depth of damaged tissue surrounding an Er:YAG 
laser incision has been measured by Charlton et al (49) to be 
of the order of 5|im. Ho:YAG operating at 2.1jim, however, is 
much less strongly absorbed by water and hence penetrates 
more than Er:YAG laser. The thermal damage for soft tissue 
varies between a few microns (50) and several hundred microns 
(51) depending on the fluence.

Fused silica is by far the most flexible optical fibre 
for transmission of Ho:YAG and other lasers. However, for the 
Er:YAG laser zirconium flouride or sapphire fibres are 
normally used. The zirconium flouride fibres are brittle and 
easily damaged mechanically which make their use in medical 
applications relatively difficult and unsuitable.

2.2.2. - Gas lasers
Gas lasers are divided into three groups: atomic, ionic, 

and molecular. Here, only some of the clinical applications 
of a few gas lasers are described and the basic physics of 
their operation are not discussed.

Argon laser
The first significant medical use of lasers was in the 

treatment of diabetic retinopathy in 1965 with the argon ion
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laser (\= 488nm). Since then, the extensive experience with 
argon lasers has resulted in its use as a photo-coagulator. 
Perhaps two of the most practical areas where argon laser are 
being used in ophthalmology are Argon Laser Iridotomy (ALI) 
and Laser Trabeculoplasty (LTP). In simple terms, ALI is an 
operation on the eye in which an incision is made in the 
iris. This perforation in the iris can then prevent it from 
inflammation due to interocular pressure or aqueous outflow 
pressure. This in turn can be used to treat glaucoma. 
Extensive clinical experiments have been conducted by 
different researchers (52-57) to study the use and potential 
retinal damage after ALI. LTP is used where a blue-green 
argon laser (488-514)nm used for removing small segments of 
tissue from part of the wall of the 'schlemm' canal. This 
area is called the trabecular meshwork. This is an effective 
technique for lowering intraocular pressure in occular 
hypertensive and in glaucoma. However, the complications are 
a transient increase in intraocular pressure that may need 
additional drugs, and visual field loss. It has been 
suggested (58) that patients should be followed up carefully 
after LTP for immediate intraocular pressure rises.

Major use of argon (488-514)nm is also made in 
dermatology. The visible blue-green light is easily 
transmitted through clear aqueous tissue but certain tissue 
pigment such as melanin or haemoglobin will absorb the light 
very effectively. This principle of selective absorption is 
used to photocoagulate pigmented lesions like portwine stains 
(59-61). This light passes through overlying skin without 
significant absorption and reaches the pigmented layer of
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portwine stains or other coloured lesions to affect capillary 
dessication and protein coagulation. Gradual blanching will 
then take place and within 6 to 9 months the stain will fully 
fade away. This blanching or whitening effect indicates the 
reflection of visible light by a fundamental change in the 
structure of the tissue which results in increased scatter 
and multiple refraction and reflection of illuminating light. 
Fig. 2.7 shows an example of portwine stain before and after 
the argon laser operation. Recently, Van Germart et al (62) 
reported that the argon laser wavelengths of 488 and 514nm 
cannot deliver an output which would enable it to achieve 
the other ideal parameters of irradiation time, spot size and 
energy density.

(a)
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(b)
Fig. 2.7 Portwine stain before (a) and after (b) treatment by 

Argon laser.
With the argon laser many satisfactory results have been 
achieved, but in general the results have been unpredictable 
particularly in children. Of the lasers used to date for 
treatment of portwine stains only the pulsed Dye laser 
produces parameters which are almost ideal: (wavelenth 585nm, 
pulse duration of 0.45ms, spot size 5mm and energy densities 
up to 10 Jem-2). With this laser, excellent clinical results 
have been reported, especially in children (62).

M e t a l - v a p o u r  l a s e r s

There are copper (578nm), gold (628nm), manganese 
(1289nm), lead (723nm), and barium (1500nm) lasers with 
typical pulse duration range between (10-60)ns. By far the 
most suitable lasers for medical applications are copper and 
gold. The high average power copper-vapour laser can produce 
blue-green and yellow lines, which means it can be used for 
the same applications as argon laser. Also, as the yellow 
light (578nm) matches with the absorption peak of
haemoglobin, it can also be a very useful tool in dermatology

50



and ophthalmology particularly with respect to yellow macular 
pigment in the eye. The reason for the prefered use of the 
yellow emission from copper-vapour rather than blue-green 
(488-514)nm output of the argon laser is two fold: first, 
less light is absorbed by the melanin at 577-578nm than at 
458-514nm and consequently there is less epidermal heating. 
Secondly more light is absorbed by haemoglobin at 577-578nm 
than at 514nm. This results in cataneous damage that is 
specific to the ectatic blood vessels, rather than wide 
spread damage throughout the epidermis and upper dermis (63). 
The copper-vapour laser can also be used for pumping dye 
lasers and have been used in angioplasty to vapourize 
atherosclerotic plaques (64). The output of these lasers is 
attractive for vascular use because it lies within the wave­
band of preferential absorbance of atheroma (65). The 
importance of gold-vapour laser is that its wavelength 
(628nm) concides with absorption peak of haemotoporphyrin 
derivative (HPD). This is one of the drugs which is used in 
PDT for treating tumours. The main advantage of this laser is 
its convertability to copper-vapour in the event that more 
and new effective drugs with different absorption peak are 
found.

CO? and CO lasers

The CO2 is an infrared laser operating on a molecular 
vibrational energy transition and lases at 10.6|im. The laser 
can be operated at high power levels on a CW or pulsed basis. 
It is known that a C02 laser is poorly absorbed by 
haemoglobin but it is strongly absorbed by water unlike the 
visible and near IR lasers. Since about 80% of the
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composition of all cells in the body is water, the C02 laser 
produces local superficial heating and is very useful for 
vapourization and cutting tissue. The intense heat produced 
by the absorption of the C02 laser light by cellular water 
results in the generation of steam with subsequent rupture of 
cells. There is very little diffusion of heat to surrounding 
tissue with typical thermal injury limited to (50-200)jj.m, 
though this value varies with the pulse duration of laser. 
One reason for its limited thermal injury in tissue is due to 
its high absorption and negligible side scattering which 
means the tissue surrounding the ablated area is not affected 
by this side scattered radiation. When used for cutting, the
beam is focused to a small spot, and the depth of cut is
determined by irradiance and the speed of the incision. The 
slower the movement or higher the irradiance, the deeper will 
be the cut. Vapourization of tissue may be done with a
focused or defocused beam. Although small areas can be
vapourized with a small spot, larger areas are handled with a 
wider spot and a higher power applied to compensate for loss 
of irradiance. The C02 laser has found a wide acceptance for 
use in medical procedures but its utility is limited by the 
lack of suitable flexible, non-toxic fibre optic delivery. It 
is normally delivered by means an articulated arms or hollow 
waveguide tubes. Generally, the advantages of the C02 laser 
as confirmed by various experimental studies are: (a) minimal 
tissue damage, (b) haemostatic effect and (c) sterilizing 
effect.

Lasers based on vibrational transitions in CO radiating 
in the range (2.7-6)jH,m are also promising in surgery. These
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lasers have high powers as well as high efficiency (20%), and 
can have safe, sealed, active elements with a small volume of 
the working mixture. Some early work by Aleinikow (66) showed 
that the coagulation properties of CO lasers may be better 
than those of CO2 lasers because of considerably deeper 
penetration of the light into the tissue. This supposition is 
based on the comparison of the attenuation of the radiation 
for wavelength (5-6)|im and 10.6pm in water See Fig. (2.4). 
Recently in a comparison between CO and CO2 lasers Clement 
(67) has shown the followings:

(i) - The interaction of CO lasers with human tissue is 
similar to that of CO2 lasers.
(ii) - The thermal damage induced in tissue in the vicinity 
of laser exposure is less for CO than for a CO2 laser of 
identical parameters.
(iii) - The CO laser can be transmitted through medically 
acceptable fibre.

HF Laser
The hydrogen flouride (HF) lasers which can operate as 

both multiline and single line (2.9pm) with sub-microseconds 
pulse durations are used for medical applications. Some of 
these applications (49, 50, 51) were described in chapter 1
and also discussed in the next section of this chapter.

Excimer Laser
The term excimer is derived from excited dimers of the 

inert gas. Excited dimers are two atoms of an inert gas bound 
in a highly excited state with atoms of halogen to form a 
temporary association as a diatomic rare gas halide. The
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decay of these unstable molecules is accompanied by the 
emission of a highly energetic photon of ultraviolet light. 
There are two main properties: (i)- once the molecule decayed 
and reached the ground state, it immediately dissociates and 
(ii)- there are no well defined rotational vibrational tran­
sitions ie, the transition is broad-band. This allows the 
possibility of tunable laser radiation over this broad-band 
transition. Discharge excited rare gas halide excimer lasers 
provide pulses of (10-30)ns duration at several fixed wave­
lengths. For example, the emission for argon fluoride (ArF) 
occurs at 193nm, krypton fluoride (KrF) at 248nm, xenon 
cloride (XeCl) at 308nm, and xenon fluoride (XeF) at 351nm 
(See Fig. 2.8). Commercially available systems are capable of 
producing output ranging from a few mJ to 1J per pulse at 
repetition rates from l-500Hz. ArF (193nm) is normally 
transmitted via an articulated arm similar to the C02 laser 
and although special types of fibres are under development 
these are not yet practical. More on this subject will be 
discussed in Chapter 4. The excimer lasers can produce a high 
degree of precision, creating incisions in tissue with no or 
very little thermal shrinkage, and hence achieving 
predictable depths per pulse in the micron range. The so- 
called ablative photodecomposition mechanism which is 
responsible for such precision was described in section 2.1.

The KrF laser produces light of 248nm and given the 
mutagenicity of this wavelength its medical use has been 
limited. The XeCl excimer laser, on the other hand can be 
easily transmitted through optical fibres and is mainly used 
in angioplasty and urology for ablation of atherosclerotic
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plaque and urinary stones. The UV radiation at 193nm wave­
length is mainly used in corneal surgery for correcting the 
myopia, hyperopia and astigmatism. Details of these 
proceedures and the problems associated with the use of 193nm 
are discussed in section 2.3.2.

2.2.3. - Liquid Laser
These type of lasers have several advantages compared 

with solids and gases: more homogeneous than solids but 
poorer quality than gases, easily made and circulated through 
the laser cavity for cooling, contain a larger density of 
active atoms than gases. The suitable organic dyes must first 
be dissolved in liquid solvents in order to become useful for 
practical purposes. The solutions are strongly fluorescent 
ie, they absorb radiation over a certain band and emit at 
longer wavelengths. The energy diference between absorbed and 
emitted photons will then appear as heat ie, non-radiative 
loss. Rhodamine 6G in ethanol is one of the typical 
solutions. Several wavelengths of dye lasers are now in 
medical use. In the laser, a suitable organic dye such as Rh 
6G is pumped by a strong light source usually argon or 
nitrogen laser and sometimes excimer or copper-vapour laser 
to produce emission at various wavelengths. The wavelength of 
the laser can be controlled by varying the type of dye and by 
using tuning elements in the laser cavity. A 578nm (yellow 
light) pulsed dye laser is used in cosmetic treatment of 
vascular lesions because of the high specificity of haemo­
globin to this wavelength. The high peak power and short 
pulse duration also helps to localize thermal damage by 
applying the beam at faster rate than heat can spread to
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adjacent tissue. A 504nm pulsed dye laser is used to fragment 
kidney stones impacted in the ureter or otherwise inaccess­
ible to shockwave lithotripsy. This laser sets up a number of 
shockwaves on the stone when the fibre is in direct contact 
with it. Other example is the use of a CW dye laser at 630nm 
(red light) in PDT where this wavelength corresponds to a 
particular absorption peak of a drug such as HPD, although 
recently new drugs such as DHE, TPP have been used.
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2.3 - Ophthalmology
The main goal of this section is to provide an updated 

literature survey concerning the application of lasers in 
ophthalmology, in particular with regard to excimer and 
infrared lasers. However, it would be helpful first to have 
some basic ideas about the mechanism of the eye itself. For 
this reason the first part of this section (2.3.1) deals 
with the anatomy and physiology of the eye, where the main 
emphasis is placed upon the origin of transparency.

2.3.1. - Anatomy and physiology of the eye

___ ___  __*  25 mm__
ciliary body

Fig. 2.9 - Diagram of horizontal section of the eye.

Broadly, the function of the eye is to receive light 
rays and transmit impulses to the brain where they are 
interpreted as 'seeing' ie, being aware of light intensity, 
shape, size, colour, position and movement. Light enters the
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eye through the cornea, which refracts it through the aqueous 
humour onto the lens. By adjustment of the shape of the lens 
light is focused through the vitrous humour onto the retina. 
In the retina light-sensitive cells (rods and cones) send 
nerve impulses to the brain via the optic nerve. The 
arrangement of the two eyes at the front of the head provides 
binocular vision.

Since in this thesis, the experimental work was carried 
out on bovine cornea, lens and retina it is appropriate to 
describe some of their physiological aspects. This helps in 
understanding the possible reasons for chosing a specific 
laser wavelength for treatment.

Cornea:
The cornea is the anterior of the supporting layer of 

the eye (see Fig 2.9) which is a transparent and nonvascular 
membrane. It has a shorter radius of curvature than the 
remainder of the wall of the eye, hence it bulges forward 
from the rest of the eyeball. Since it is exposed, it is 
subject to cuts and abrasions, thus it is important in treat­
ing injuries of the cornea to know its thickness. Estimates 
based on measurements made on cadavars are not valid. This is 
because the cornea swells after death and in the living it is 
about 600pm. The periphery is slightly thicker than the 
central part. The photobiologic responses can only be studied 
in living tissue. However, to study the photophysical 
processes both the living and cadavar tissues can be used for 
analysing purpose. The epithelium covering the cornea is 
several layers in thickness and is replete with nerves that 
are chiefly of the pain type. Their stimulation results in
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the blinking of the eye lids and in the flow of tears.
The cornea consists chiefly of dense connective tissue 

containing both cells and inter cellular substance called 
stroma (see Fig. 2.10). The corneal stroma consists of 
collagen fibres of uniform diameter gathered together in 
parallel inside lamellae. These lamellae are then placed at 
right angles to each other and each contains 75% of the 
water that it is capable of binding. The origin of water is 
due to 60% keratan sulphate and 40% chondroitin sulphate 
giving the total amount of glycosamlnoglycans. These then act 
as anions and bind cations and water. If these 
glycosaminoglycans accumulate in the cornea it will result in 
its clouding and hence the loss of transparency. Because the 
central cornea is avascular it must derive oxygen from the 
atmosphere and metabolic materials by diffusion from the 
capillaries, tears and aqueous humour. Bowman's membrane is 
regarded as an important protective layer, being resistant to 
trauma and bacterial invasion, once destroyed it does not 
regenerate.
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Fig 2.10 - Different sections of the cornea.
(1) epithelium, (2) Bowman's membrane 
(3) stroma, (4) Descemet's membrane 
(5) Descemet's endothelium.



Transparency:
The cornea transmits electromagnetic radiation having a 

wavelength of between 300nm in the U.V. and 2.5pn in the IR 
Transmission is about 80% at 400nm and 100% at 500 to 1200nm. 
The transparency of the cornea is a result of followings: (1) 
- the anatomic structure which include absence of blood 
vessels and pigment in the cornea. Also, the regular 
arrangement of the epitheliam and endothelial cells (2) - the 
tight junctions of the epithelial cells that are not 
permeable to aqueous solutions (3) - the dynamic balance 
between ions and water in the stroma that is maintained by an 
endothelial pump mechanism that controls corneal dehydration. 
The endothelium constantly pumps fluid from the cornea stroma 
to the aqueous humour. This process generates an electrical 
potential difference across the endothelium of about lmv 
(aqueous negative). The negative charge of the aqueous is the 
opposite of that which would occur if there was an 
electrogenic transport of Na+. More information about the 
mechanism of corneal polarity can be obtained from Fischburg 
et al (68).

To understand the transparency it is necessary to 
consider the correlation in the phases of the waves scattered 
from each long collagen fibre in the ground substance. The 
collagen fibres in human stroma are spaced by distances small 
compared to the wavelength of light. As a result there is 
considerable correlation between the phases of light waves 
scattered by neighbouring fibres, and this will produce the 
required reduction in the scattered intensity. Large 
scattering and hence opacity results only if there are
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substantial fluctuations in the index of refraction which 
take place over distances comparable to or larger than the 
wavelength of light (69). Opaque corneas in fact contain 
irregularities in the density of the collagen fibres and so- 
called 'lakes' where there are no collagen.

The corneal stroma consists of lamellae within which 
collagen fibres are laid down approximately parallel to each 
other in the ground substance. The arrangement of these 
collagen fibres in a lamella is shown in Fig. (2.11).

y

Fig. (2.11) - Schematic diagram of arrangement 
of collagen fibres in a lamella.

A thorough examination and mathematical treatment of the eye 
transparancy is given by Benedek (70).

Lens
The animal lens differs from the human lens in many 

respects. For example, the bovine, rabbit, and rat lenses 
grow fast initially but slow in maturity. Thus, there is 
little increase in weight in the second half of the life 
span. In contrast, the human lens grows slowly throughout 
life. The crystalline lens is mainly a transparent biconvex
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structure located directly behind the iris, pupil and 
anterior chamber. The anterior surface has a radius of 
curvature of 10mm, and the posterior a curvature of 6mm. The 
equator is separated from edge of the processes of the 
ciliary body by a distance of 0.5mm. it is composed 
essentially of lens fibres that are held together to 
constitute a transparent medium. When the ciliary muscle is 
relaxed, the lens becomes spherical and hence causing the 
refractive power to increase. As the lens ages it loses water 
and becomes denser and less elastic, and its colour gradually 
becomes yellow; thus decreasing the amount of the blue and 
violet light that reaches the retina. The lens is composed 
of the following: (1) - lens capsule that covers the entire 
lens and is much thicker anterioraly than posteriorly and is 
thicker towards the periphery than it is over the centre of 
the lens, (2) - anterior lens epithelium located immediately 
beneath the anterior lens capsule, and (3) - lens substance 
consisting of cortex ie, newly formed soft lens fibres with 
nuclei, see Fig (2.12). These lens fibres continue to be 
formed through-out life, and as it ages, the old fibres are 
pushed towards the centre by new fibres so forming the 
nucleus. This explains the concentric and layered 'onion- 
like' appearance.
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capsule
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without 

nuclei
Posterior capsule nuclei

Fig. 2.12 - Schematic diagram of the lens cross section.

The main constitutents of the lens are water and 
proteins. The amount of water decreases as the lens ages and 
is greatest in the cortex where the younger fibres are found. 
The lens consists of about 60% proteins mainly water-soluble 

crystal 1 ins. Alpha (a) is the largest crystallin 
which first appears in the lens epithelium in embryonic life. 
The most abundant water-soluble protein is beta (fi) 

crystallin mainly in the lens fibre. Gamma (7) crystallin is 
the smallest and least abundant water-so1luble protein with 
albumonoid being the water-insoluble protein material.

Other chemical constituents include the salt (NaCl) 
which increases with age along with the decrease in water 
content. Potassium, calcium and lipid are also present in the 
lens.

Transparency:
The lens transmits greater than 80% of electro-magnetic 

energy between (400-1400)nm. Despite the homogeneity of the 
lens it has a concentric structure of layers (nucleus) in
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which the older central layers have a greater index of
refraction than the surrounding younger layers (cortex).

In the normal lens, light is scattered by each of the 
proteins in the lens. However, it is important to notice that 
each protein does not scatter the light independently of its 
neighbours. The correlation in the position of pairs of
proteins reduces the scattering in the lens just as the
correlation between the positions of pairs of collagen fibres 
reduced the scattering in the cornea. In the normal lens, the 
fluctuation in the number of' protein molecules over a 
dimension comparable to the light wavelength is small because 
the proteins are densely packed, and therefore transparency 
results. The presence of substantial numbers of large protein 
aggregates, for example, randomly distributed within the 
background of the OL,fi/y protein constituents of the lens can 
affect the transparency. If the aggregated units have an
index of refraction different from that of the average 
refractive index of the lens, and distributed randomly 
throughout the lens, they will scatter light proportionately 
to their number. In a cataractous eye, there is an
aggregation of high molecular weight proteins into microsize 
particles causing the scattering of light and hence loss of 
transparency. In addition to aggregation it has been observed 
that the lens proteins undergo chemical and physical changes 
such as increasing fluorescence (71) and pigmentation (72).

Lens transparency depends on the spatial ordering of 
lens proteins in the fibre cells. Thus, any localized 
alteration in the density and structural integrity of this 
ordering due to aggregation, pigmentation, hydration etc. can
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result in regional changes in refractive index, and lens 
transparency leading to development of opacities (cataracts). 
Conventional invivo techniques such as optical techniques and 
slit lamp for assessing lens changes have relied on the use 
of visual transparency as an index for normal lens function. 
They also, require making optical density measurements from 
photographic negatives which is time consuming, and above all 
the results do not provide information on the primary causes 
of cataractogensis namely, lens metabilism changes and lens 
protein conformational changes.

A different approach has recently been used by Ahmed 
et al (73) where they have shown that measurements of the 
temporal profile of the backscattered pulse has the potential 
to monitor the extent of cataract development in the eye. 
This monitoring is based on the use of an ultrafast short 
pulses of 100 fs at 82MHz. According to Nai-Tung Yu et al 
(7 4 ) the major disadvantage of light scattering method is its 
restriction to in vitro measurements from thin lens sections 
and as such is not readily applicable to in vivo clinical 
evaluations. Other techniques showing considerable promise 
for detection of pre cataractous changes in the lens are: 
Nuclear magnetic resonance (NMR) which provides information 
on lenticular pH, phosphur concentration (75); autofluor­
escence which determines the concentration of long wavelength 
absorbing chromophores resulting from abnormal lens metab­
olism (76); and Raman spectroscopy (77). Raman spectoscopy 
holds a number of advantages for the study of the lens 
proteins. These are: non destructive structural probe, the 
use of laser makes local analysis of an intact lens possible,
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a variety of information about the lens proteins can be 
obtained simultaneously from a single Raman spectrum in the 
(4000-300)cm-1 region (78). The physical constants of some 
occular media are shown in Table 2.1.

Medium Thermal 
conductivity 
K(Wm~1°K~1)

specific 
heat capacity 
C(Jkg-ioK-i)

density 
P( kgm-a)

refractive
index

n
Thickness 
t (mm)

Cornea 0.58 4178 1050 1.376 0.6

Aqueous
humour 0.58 3997 1000 1.336 3

Lens 0.40 3000 1050 1.424 3.6

Vitreous
humour 0.603 4178 1000 1.336 17

Table 2.1 - Physical constants of some of the ocular media.



2.3.2 - Background Information on lasers in ophthalmology

Excimer lasers
Lasers currently available or under development can 

produce light energy across much of the visible and 
ultraviolet ranges into the x-ray regions, from microwatt to 
terawatt power levels, and with pulse durations of only a few 
femtoseconds to continuous irradiation. It has become 
apparent that the effects of laser energy on tissue differ 
widely according to lasing parameters and the specific 
characteristics of the tissue and surrounding medium. To 
evaluate adequately the potential uses of laser technology 
for treatment of ocular disease, systematic studies are 
needed to observe short and long-term tissue effects 
according to laser wavelength, energy level, and exposure 
time as well as monitoring the effects on adjacent medium. 
This section is intended to concentrate on some of the 
applications and comparison of excimer and infrared lasers in 
ophtha1mo1ogy.

Ophthalmologists were among the first to use lasers 
in surgery, first experimentally (79) then in the human eye 
(80). One medical application - retinal photocoagulation - 
was rapidly pursued. Although the incandescent xenon source 
had been used successfully it gave way to the ruby laser and 
later to the argon and krypton lasers.

Interest in surgical application of excimer lasers 
were generated by reports that their intense ultraviolet 
radiation could be used to etch submicron patterns into the 
surfaces of plastics and polymers with a high degree of 
accuracy and with no degradation processes being conducted to
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unirradiated areas (81-83). Two theories have been suggested 
to account the effects observed. The first theory which was 
first proposed by Srinivasan et al (84-86) asserts that the 
UV laser interaction with polymers and tissue is basically a 
non-thermal event known as photablative decomposition. This 
theory suggests that ultraviolet photons with energies 
greater than 3.5ev can be converted to electronic excitation 
leading to the breaking of molecular bonds without the energy 
degradating into heat. The long-chain polymers molecules 
break up into smaller volatile fragments which are rapidly 
expelled from the surface. The fragments carry away almost 
all the energy deposited in the surface by the laser beam. If 
the energy were not carried away, it would transform into 
heat diffusing into surrounding material and eventually 
produce thermal damage. The pulse duration must therefore be 
suitably short so that the entire process take place in less 
time than required for heat to diffuse into the surrounding 
material (ie, less than the thermal relaxation time). Similar 
results were obtained in biological tissues with 193nm (86-
89), 248nm (89-91), and 308nm (92) radiation. Fig. (2.13)
shows the different stages of photo-ablative decomposition 
process in materials.
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Ablation

Fig. 2.13 schematic diagram of photoablative decomposition 
process (93).

Srinivasans hypothesis that excimer lasers induce primarily 
photomolecular decomposition has received frequent support. 
Marshall et al (94) in a comparative study conclude that 
ablation induced by excimer laser results from highly 
localized photochemical reactions and that 193nm is the 
optimal wavelength and superior to 248nm radiation. They also 
support the idea that the ablation process requires a balance 
between the photon energy which determines the quantum yield 
for bond breaks, and the excess energy of the photon over the 
bond energy which is then available to expel the products at 
supersonic velocity. Thomson et al (95) used a 157nm excimer 
laser for corneal ablation and agree in support of Srinivasan
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hypothesis.

An alternative theory put forward by Andrew et al (96) 
proposes that beam tissue interactions are predominately the 
result of fast thermal events, and that the induced change 
arises because of the very short penetration or absorption 
depth of ultraviolet radiation. This idea mainly applies to 
longer UV radiation wavelengths such as 308nm and 351nm 
rather than shorter wavelengths like 157nm and 193nm. The 
theory was later supported by Murphy et al (97) who suggested 
that the effect of excimer irradiation on vascular tissue is 
predominantly by a thermal process and similar to that of 
other wavelengths. It may be the manner in which laser energy 
is delivered and not the wavelength which allows precise 
ablation of tissue (97). In an experiment with post mortem 
human artery Singleton et al (98) concluded that the laser 
wavelength, pulse width and fluence have important effects on 
the cut quality and that in air with fluences near the. 
ablation threshold for a 308nm laser, the irradiation results 
in ragged cuts with evidence of thermal damage which appeared 
as orange colour on the crater. With fluences slightly higher 
than threshold sharp tissue cuts were observed with little or 
no thermal or acoustic damage. However, as the fluence 
increased to much higher level than threshold it resulted in 
the disruption of the tissue as well as the production of 
acoustic damage.

Analysis of the mechanism of UV laser ablation of the 
cornea requires a knowledge of the products of the ablation 
process and the time frame in which ablation occurs. In a 
high-speed photography study Pulifito et al (99) demonstrated
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that much of the ablation process occurs over a much longer 
time scale of nanoseconds and continue to be ejected from the 
cornea for 5 to 15 ¿is following the excimer laser pulse. 
Greater corneal endothelial injury was observed (100) for 
248nm compared with 193nm ablation of the corneal stroma. 
Because the ablation process is an explosive one, the larger 
particles ejected at 248nm generate greater recoil forces, 
which are speculated to have capability of producing cell 
loss (100).

Having briefly outlined the possible mechanisms of UV 
excimer lasers ablation of material, some of the recent 
ophthalmological applications are now described. In 'Radial 
Keratotomy' where the incisions are made with the steel and 
diamond blades disruptions of corneal lamellae, mild stromal 
hypercellularity, collagen deposition, and epithelial 
ingrowth in the superficial portion of the wound are observed 
(94). Cuts that are too shallow result in undercorrection or 
no correction, and incisions that are too deep risk 
perforation, cataract or overcorrection. Interest has turned 
to lasers as the ultimate programmable mechanism for making 
the most precise corneal incisions possible. Keates et al 
(101) have experimented with corneal surgery performed with a 
CO2 laser. The collagen-water content of the cornea makes it 
extremely susceptible to the heat generated by CO2 laser 
wavelengths, resulting in distortion and vapourization of 
tissue. This leads to poor wound healing and unacceptable 
irregular cornea scars. In a photoacoustic study of bovine 
cornea with C02 laser Dyer et al (90) suggested that one 
possible reason for such an irregular incisions can be due to
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energy absorption of laser by cornea content, mainly the 
stroma which contains about (75-80)* water, consequently 
leading to a high degree of super-heating. Thus, the 
combination of vapour bubbles due to superheating and extra 
laser energy which suports the vapour production at high 
pressure results in protein content of the tissue being 
mechanically ruptured and expelled instead of thermally 
decomposed.

On the other hand research has shown that the ArF 
(193nm) excimer laser is an excellent tool for polymer 
ablation and corneal surgery with minimum thermal damage to 
adjacent areas (82-93). These studies have resulted in some 
of the most interesting and important non destructive 
surgical techniques. Excimer lasers have been used to perform 
two types of operations:
(1) - Those systems which are used to create radial (or 
transverse) incisions for therapeutic reasons - called Radial 
Keratectomies (RK). It must be noted that when the surgical 
procedure of radial keratotomy was pioneered in Russia, a 
dimond knife was used to make the incisions. However, since a 
dimond or steel knife splits tissue without removing it, and 
excimer laser ablation by definition must remove some tissue, 
therefore it is appropriate to use radial keratectomy rather 

than radial keratotomy.
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Fig. 2.14 - Schematic cross section of the Meditec excimer
laser 50 (a) and Meditec slit mask (b).

Schroder et al (102) have described the special design 
feature of the first commercially available ophthalmic excimer 
laser (meditec excimer laser 50). The excimer laser is 
located beneath the bed, to save space. Beside the bed is the 
delivery system which brings the laser light into position 
above the patient's head and directs it onto the cornea. The 
beam from the laser source is directed upward by a beam 
splitter. An optical telescope changes the beam shape to 
create a higher energy density and a prism is controlled by a 
micromanipulator so that the laser light slit can be easily 
shifted across the eye and can also be rotated. The projected 
laser light slit serves as the illuminating system for a 
special mask that is positioned directly on the eye. The mask 
consists of a plastic ring that is positioned on the sclera
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and carries a circular metal plate with fine radial slits. A 
pipe is connected to a pump that sucks air out of the cavity 
between the cornea and the mask. However, air enters 
continuously through the slits so that the mask is not vacuum 
tight. The air flow serves two important functions: first, it 
cools the mask which heats up during the laser exposure, 
secondly, it carries away the gaseous products created by the 
photoablation of the cornea.

Theoretical advantages of using an excimer laser for 
radial keratectomy are:
i. Two or more of the incisions could be made simultaneously 
with a high degree of spatial resolution, accuracy in local­
ization and reproducibility.

ii. The absence of contact during the procedure, without 
deformation of the cornea as the cuts are made, might allow 
for real-time topographical analysis to monitor and control 
the surgical process.

iii. Since these full-depth incisions could be made in 
approximately (20-30) seconds, variations in corneal thick­
ness due to dehydration would presumably be reduced.

(2) The lamellae keratoplasty is an eye operation which any 
superficial diseased part of the cornea is replaced by a 
donor tissue leaving the deeper layers in tact. If, however, 
all parts of the cornea is to be replaced, it is called 
penetrating keratoplasty. Those systems which are designed to 
ablate large area of tissue for lamellae or refractive 
surgery known as 'Large Area Ablation' (LAA). In 1983, Trokel 
et al (86) described the use of an ArP (193nm) laser to
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ablate precise areas of the cornea and achieved a very clean 
cut.

Fig. 2.15 Histological section of cornea after 193nm laser 
exposure through a 100 p  hole (86).

Marshall et al (103) have termed such an operation of 
LAA 'photorefractive keratectomy1 (PRK) which is mainly used 
to change the refractive power of the cornea. An example of 
such a clinical system is shown in Fig. 2.16. Before an 
operation takes place, a corneal surface scan (refractive 
data) is fed into a computer connected to the laser. The 
aligorithms programmed into the computer system determine how 
much corneal stromal tissue must be removed to produce the 
desired corrective effect.
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Fig. 2.16 A clinical example of PRK.

In this approach, an optical zone is exposed to excimer laser 
radiation, the intensity and duration of which are varied to 
create the desired optical change. To correct myopia (short­
sightedness), the central corneal power would be reduced by 
ablating a known amount of optical zone (apex) of cornea 
using a series of apertures with decreasing diameter, 
tapering off in depth towards the periphery of the determined 
optical zone. Fig. (2.17) shows an example of myopia 
correction where the cornea is contoured by successive 
ablation before regrowth of epithelium. After this regrowth, 
the edges of these step-wise discs will be joined together, 
hence leaving a relatively smooth surface with a smaller 
curvature compared with initial value.
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Fig. 2.17 - A contoured cornea by excimer laser for myopia
correction.

Hyperopia (far-sightedness) can be corrected by the same 
laser provided the circular aperature is replaced by annular 
apertures with decreasing radial width. In this case, the 
ablation is deepest in the periphery and tapers to zero at 
the centre, hence increasing the curvature of cornea and 
reducing the hyperopic effect. Astigmatism is corrected in a 
similar way except that here a series of slit-shaped 
apertures of varying width is used. The depth of maximum 
central ablation necessary for a given optical change can be 
predicted by the following formula:

Ar
De =  (D0)2 X  ----  2.6

3
where De, D0 a n d A R  are the total depth of ablation (pm), 
diameter of optical zone, and change in refraction (Diopters) 
respectively. Note that diopter (D) is measured in (m-i) and 
is defined as reciprocal of effective focal length measured 
in meter. For example, if D0 = 6mm, then 4D of myopia is 
corrected with a 48p m deep ablation. Marshall et al (103)
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ablated discs in rabbit and monkey corneas. Dosage parameters 
were 50 to 600 pulses, 10Hz and 140 to 310 mJcrn-2 per pulse. 
Ablation at 193nm produced smooth borders and surfaces, 
whereas at 248 nm yielded rough margins and an abnormal zone 
of densely staining collagen 2 to 3pn wide. If collagenous 
tissue is produced with an irregular structure, it forms a 
scar, scatters light, and decreases visual acuity. However, 
most corneas studied develop a persistent haze that last up 
to 6 months without evidence of resolution (104). Haze after 
the healing process is not the only possible reason causing 
the poor glare vision, but also may be due to an optical zone 
that is smaller than dilated pupil. Halo refers to a 
situation where the peripheral cornea creates a blurred image 
concentric to the sharp image of the corrected (flatter) 
control cornea. Larger optical zones will help to overcome 
the halo problem. However, greater optical zones leads to 
greater excision depths and deeper ablation may increase the 
potential for corneal opacification.

Controversy still exists as to whether PRK will produce 
a surface with good resultant optical properties and how the 
healing process will influence the stability of the induced 
changes over time. Marshall et al (103) created straight- 
walled ablations in rabbit and monkey corneas with the 193nm 
excimer laser, producing well-healed regions with good 
optical quality, but the epithelium was hyperplastic over the 
ablated area. Square-edged discs produced by Tuft et al (105) 
in rabbit eyes revealed that the epithelium migrated rapidly 
over the wound edges and covered the base, producing leveling 
effect. In a one-year follow up Seiler et al (106) concluded
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that PRK is an efficient procedure to correct myopia up to 
-7D and the stability between 6 and 12 months was excellent 
for only two third of the patients (8% of the treated eyes 
showed fluctuations of more than ID). One important requisite 
for stability of regenerated epithelium is tight adhesion of 
the underlying stroma. Anchoring fibrils are thought to help 
establish this adhesion via its basement membrane (107).

Generally, the clinical application of laser refractive 
keratectomy depends on the ability to create a surface with 
good resultant optical properties that are stable over time. 
When the corneal surface is altered, it responds by 
attempting to re-create a new smooth surface by a combination 
of epithelial regeneration and stromal regrowth. By producing 
a smoothly contoured profile with excimer laser in the animal 
models Goodman et al (108) observed that the epithelial 
regeneration creates a smooth corneal surface without 
hyperplasia. In 1991, Sher et al (109) used a 193nm laser to 
ablate the cornea and to remove opacities and other corneal 
disease in a procedure called phototherapeutic keratectomy 
and reported that after surgery, the majority of patients had 
eye pain, sometimes severe. In general, this procedure is 
more painful than radial keratectomy and patients had to take 
narcotic analgesia during 24 to 48 hours after surgery.

For clinically useful laser refractive keratectomy the 
following points are suggested by Hanna et al (112):

1 - Acceptable lasers with defined wavelengths and energy 
parameters must be identified, for example ArF (193nm), HF 
(2.9pn).
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2 - A delivery system must be developed that creates an 
accurate ablation profile and is flexible enough for differ­
ent types of refractive corneal surgery.

3 - A method of coupling the laser and delivery system to the 
eye to compensate for ocular and body movements must be 
devised if the potential accuracy of laser surgery is to be 
realized.

4 - There must be demonstration of acceptable tissue response 
and control of corneal wound healing, specifically the 
prevention of subepithelial fibrosis causing light scattering 
and of epithelial hyperplasia that may neutralize the newly 
created curvatures of the corneal surface.

5 - There must be accurate calculation of the refractive out­
come after wound healing using computer models of the cornea.

6 - Methods must be developed to measure the results of such 
corneal surgery, including complete measurements of corneal 
thickness and topography.

It must be noted that there is a big difference between 
measurements of non living and living tissues. For example, 
the effect of cornea age on ablation rate as well as the 
short and long term response after healing process are among 
other important issues.

Other applications of excimer lasers in ophthalmr>i

So far, the ocular application of excimer lasers have 
been concentrated on corneal surgery with a certain amount of 
success. It is, therefore, natural to utilize the advantages 
of these lasers in other parts of the eye. However, the
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optical properties of a particular part of the eye should be 
thoroughly studied with respect to given laser parameters. 
The concept that exposure of human and animal lenses to UV 
wavelengths of sunlight is a factor in the formation of 
cataracts has existed for many years. It was mentioned in 
section 2.3.1 that the perfect physicochemical arrangement of 
the lens proteins gives transparency to the lens, and that 
the lens aging and opacification (cataract formation) are 
induced by the formation of protein aggregates which disturbs 
the molecular organization of the crystallines.

Generally, the UV wavelengths are designated as near 
(UV-A) 400-315nm, mid (UV-B) 315-280nm, and far (UV-C) 280- 
lOOnm. The cornea is a very efficient filter for blocking the 
UV-C, whereas the lens in the UV-A has low transmission and 
high absorption. The high absorption of the lens in the UV-A 
is due to a pigment which accumulates throughout life, and 
apparently shields the retina from this radiation. In compar­
ative studies of excimer laser ablation of the cornea and 
lens using 193nm and 248nm radiation, Puliafito et al (111) 
observed a higher threshold fluence for cornea and lens using 
2 4 8nm. At 193nm they (111) found the values of 46mJ/cm2 and 
20mJ/cm2 for human and bovine corneas, whereas at 248nm 
values of 58mJ/cm2 and 71 mJ/cm2 were measured respectively. 
For bovine lens fluence of (1-3.8) J/cm2 at 193nm and (2.2- 
3.8) J/cm2 at 248nm were used. The reasons for greater tissue 
damage and irregular incisions in the case of 248nm are 
likely due to the greater penetration depth at this 
wavelength than 193nm. Following these experiments Naneviez 
et al (112) performed similar experiments with lens tissue
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using all four excimer laser wavelengths. The highest 
ablation rate was observed at 248nm with lower rates at 193nm 
and 308nm. No ablation was observed at 351nm. In ref. (112) 
the ablation thresholds of lens at three excimer laser 
wavelengths were found as follows: 248nm > 308nm > 193nm 
whereas in this thesis the order is as 308nm > 248nm >193nm. 
In 1987, Bath et al (113) demonstrated the use of pulsed UV 
radiation for removal of cateractous lenses. Although they 
(113) used a 308nm laser for lens ablation, the main 
difference with previous (111, 112) experiments was the use 
of optical fibre. Up to 20mJ of XeCl laser (17ns) output 
was coupled to quartz optical fibre. In 1988, Bath et al(114) 
reported another experiment in which 308nm laser was used to 
ablate lens tissue. The ablation threshold for bovine lens

awas approximately 0.6J/cm2 for cortex and lJ/cm2 for nucleus. 
In the same year Muller (115) carried out an endocapsular 
cataract operation in which the lens nucleus was fragmented 
by the 308nm pulses and aspirated. The lens cortex was 
aspirated in a similar manner to a phaco-emulsification 
procedure. Fluences around 50mJ/mm2 were applied and the 
endocapsular ablation of human lens nuclei could be performed 
without major damage to the anterior and posterior lens 
capsule (116). In 1990, Li et al (117) used calf lens and UV 
wavelengths of 308nm, 337nm and 350nm and exposure time of 
10 minutes to 5 hours at 2, 0.2 and 2 watts respectively. 
They concluded that lenses exposed to 308nm UV radiation for 
10-30 minutes showed significant yellow-brown pigmentation 
and colourless opacification compared with dark control 
lenses by photographic record. Lenses exposed to 337nm light
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showed primarily colourless opacity with little pigment 
production. Lenses exposed to 350nm radiation for 1 hour were 
visibly indistinguishable from dark controls. Lens damage can 
be initiated by 280-310nm UV radiation which is absorbed 
directly by the lens proteins, (mainly by tryptophan residues 
(118)), by longer wavelengths of UV radiation where it maybe 
absorbed by some other chromophore (eg. N-Formylkynurine-NFK),
or even by visible light absorbed by photo-sensitizors such 
as riboflavin (119).

Excimer lasers have been used in other medical research 
fields such as angioplasty (120-123) where 308nm radiation 
coupled to optical fibre can be used to unblock the coronary 
arteries. Perhaps, the most important issue in this case is 
identification of healthy and atheroma tissues. This has 
recently been approached by using laser induced fluorescence 
spectroscopy (LIFS). In urology, the 308nm-fibre combination 
has also been used to photoablatively decompose rather than 
fragmenting kidney or gall stones (124, 125). Recently, 
interest in using UV lasers in dentistry has grown and two 
different wavelengths ie, 308nm and 193nm are used. The 
308nm-fibre combination was used to remove residual organic 
tissue from the canals (126), and 193nm to study the ablation 
of dentin and enamel tissues (127). Finally, by combining 
308nm radiation and tappered fused silica fibres Dressel 
et al (128) were able to achieve output fluences up to 32 
J/cm2 and ablation rate of 3pm per pulse of hard tissue 
(Bone). This enables bone and cartilage cutting in a real 
accident surgery.
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Limitations of excimer lasers
These limitations are related to a number of factors: 

(1) - optical properties of the laser radiation, (2)
safety considerations, (3) - type of application and delivery 
system, (4) - optical and physical properties of the target 
in different media. Ideally, one -would prefer to use 193nm 
radiation outside and inside the eye because of its clean and 
controllable incisions. However, its uses invivo are severly 
restricted by the delivery system ie, lack of suitable 
optical fibre. Since the energy of a photon at this wave­
length is 6.4ev, no fibre at present time can withstand high 
fluence radiation for prolonged exposure. Additionally some 
researchers believe that even if a suitable 193nm optical 
fibre were developed it would still need to be immediately 
adjacent to the target tissue to avoid absorption of 
radiation by physiologic saline - Na+Cl~ (129). The absorp­
tion mechanism of 193nm light in physiologic saline is 
considered as a charge transfer from chloride (Cl~) to water 
(H2O). The energy of 193nm photon is theoretically sufficient 
to detach an electron from chloride (129, 130). This process 
has a resonance absorption maximum at 190nm wavelength, which 
would explain why 193nm light is absorbed more readily than 
308nm in saline. As far as 193nm radiation safety is 
concerned, there are number of contradictory results, but 
perhaps the overall view is that this laser wavelength is not 
a serious problem. Loree et al (131) in an experiment with 
193nm, 248nm and 308nm simply concluded that for laser
ablation of the cornea, ArF seems to be both the best and the 
most interesting. Ablation of rabbit cornea with 193nm (132)
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and mouse fibroblasts (133) did not produce a significant 
amount of mutagenic effects. On the other hand, irradiation 
of saccharomycas cervisiae using this wavelenght has shown 
DNA lesions, a result which has been interpreted to be due to 
secondary fluorescence light rather than direct excitation by 
this wavelength (134). In 1991, Rimildi et al (135) reported 
that a low level of unscheduled DNA synthesis could be 
detected following irradiation at 193nm with 70J/cm2, and 
both the 193nm and 248nm radiation were able to induce 
chromosomal aberrations.

According to Kochevar (136) there are at least two 
reasons which could explain the lower cytotoxicity of l93nm 
radiation; (i) the radiation is absorbed by proteins of the 
cell membranes and cytoplasm ie, the proteins effectively 
shield the nucleus from the damaging effects of 193nm 
radiation. (ii) if photons of this wavelength reach the 
nuclear DNA and induce DNA photoproducts these are either 
not cytotoxic or are readily repaired by the cells. Because 
absorption of 193nm radiation produces a higher excited state 
of DNA than 254nm radiation, the latter is a likely 
possibility. A model is suggested by Forster et al (137) for 
testing the excimer laser radiation mutagenicity in ophthal- 
mo1ogy.

Gactitis et al (138) have proposed use of a solid-state 
laser that produces a wavelength near 193nm (ie 213nm) which 
could eliminate many of 193nm excimer lasers disadvantages, 
eg. use of a fluorine gas mixture which is toxic and 
potentially hazardous to patients, had a short 'sealed* life, 
and a corrosive effect on laser cavity and resonator. In an
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experiment (138) it was shown that these disadvantages are 
overcome and damage zone for the 213nm laser was less than 
ljim and for 266nm light less than lOjim for corneal tissue.

Studies using 248nm laser radiation have shown that this 
wavelength is highly mutagenic (132, 133). UV-C (eg.l93nm) 
wavelengths are most photochemically active due to their 
energetic photons and therefore are strongly absorbed in 
certain amino acids and proteins. UV-B (eg.308nm) wavelengths 
are less photochemically active but penetrate more in most 
tissue. UV-A (eg.351nm) wavelengths are the least 
photochemically active radiations and penetrate tissue more 
than UV-B and UV-C. More importantly because 308nm radiation 
lies on the edge of most protein absorption spectra it makes 
this wavelength the most hazardous radiation causing possible 
carcinogenic effects (139). Some believe that the development 
of fibre optic delivery systems and the use of XeCl laser on 
the lens tissue would be a useful adjunct to current surgical 
technologies such as those 308nm lasers used in refs. (115- 
117). Other advantages of this laser include lower potential 
risk to patients and clinic personnel to toxic gas, as HC1 
rather than fluorine is used.

However, Keates et al (140) observed blue flourescent 
emission*at the posterior pole in the aphakic eyes exposed to 
308nm radiation. In the visible part of the spectrum such 
radiation can travel through the entire eye experiencing 
little absorption. Keates et al (141) in previous experi­
ments suggested the orientation of the fibre tip and the 
surgical approach could limit the dose to other structures. 
For example, ablation of nucleus first would limit the
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retinal exposure by taking advantage of the absorption of 
scattered radiation by the cortex. In any case, exposure of 
the ciliary body would more likely be greatest. Another safe 
approach in the endo-capsular cataract operation is to keep 
the UV exposure of the retina below the critical value of 
1.7J/cm2. However, in real phacoemulcification procedures it 
is very probable that capsule rupture occurs, hence allowing 
leakage of some radiation. One method of reducing such 
leakage to the retina would be to inject a UV absorbing drug 
in the vitreous humour, but more research is required to 
allow the best approach to be determined.

Strictly speaking, one does not wish to suggest that all 
ultraviolet laser wavelengths would be undesirable in endo- 
capsular or other surgical operations in the eye. However, 
the choice of wavelength should be made with regard to the 
absorption by target tissue and the potential for injury to 
adjacent tissues by scattered radiation or pretarget absorp­
tion.

Infrared lasers
Knowledge of the interaction of IR radiation with ocular 

structure is of considerable importance and a variety of 
surgical procedures have been developed eg. keratectomy, 
cataract surgery, cutting vitreous membrane, retina photo­
coagulation and glaucoma. In this section a brief review of 
interaction mechanisms and applications of near (IR-A) 0.7- 
1 .4pm, mid (IR-B) 1.4-4|im, and far (IR-C) 4-30pm is given.

An early infrared laser application made use of Nd:YAG 
in ophthalmology. The development of the Q-switched laser led 
to an interaction where there was no apparent burning of bio-
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logical tissue (142).
An example of the application of YAG laser is the 

removal of a cloudy posterior capsule following cataract 
surgery. The normal lens is contained in a sack called the 
capsule. After removal of a cloudy lens, the posterior wall 
of the capsule often opacifies. In conventional cataract 
surgery an opening is provided by puncturing the capsule. 
However, this invasive method carries with it the potential 
for infection or damage to other ocular membranes. YAG 
ophthalmic surgery involves focusing a short, high-power 
pulse of radiation on the membrane to produce optical 
breakdown and thus mechanical rupture, due to the associated 
shock wave. The result is a hole in the capsule without the 
potential side effects of invasive surgery. The ultimate 
objective of the laser design is to produce individual pulses 
of uniform energy, pulse width and spatial mode. Detailed 
considerations are given by Lerman (143) and Puliafito (144).

Another clinical example of IR laser is the application 
of Nd:YLF (1.053}im) in radial keratectomy. Plasma mediated 
ablations were performed on human donor corneas with a short 
pulsed Nd’.YLF laser with a pulse duration of 60psec. 
operating at lKHz (145). The walls of the laser excisions 
were reported to be smooth with distortions of less than l|im. 
An important and possibly hazardous problem when the eye is 
irradiated by pulsed IR-A light is second harmonic generation 
(SHG) by the cornea, lens and retina. Although, Hochheimer 
(146) reported a small conversion efficiency (6x10-9) using a 
pulsed YAG laser with an average pulse width of 30pec when 
irradiated cornea, these results did not rule out the
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possibility that there would be a similar effect occuring in 
the retina. The possible mechanisms responsible for these SHG 
are discussed in detail in references 146 and 147.

The last example of near-IR lasers is the application of 
semiconductor diode lasers for treatment of different ocular 
diseases. Despite relative successes of current laser therapy 
with argon and krypton lasers, the retinal vascular 
operation, for example, is complicated by recurrence, 
haemorrhage, pain, visual loss and treatment failure. Work 
continues on developing new diode laser systems with the hope 
to overcome these problems. Light scattering is a phenomenon 
inversely proportional to the wavelength of light to the 
fourth power (Rayleigh scattering) so that short wavelength 
blue light is scattered much more than longer wavelength red 
light. Macular photocoagulation with blue light can cause 
direct heating and thermal damage to the inner retina, but 
this can be avoided by using longer wavelengths. The light 
emitted by currently available laser diode is in the near 
infrared with wavelength from 780 to 840nm. At this 
comparatively long wavelength, light penetration through 
cataract and haemorrhage is improved compared with shorter 
wavelengths (148).

Balles et al (149) performed retinal photocoagulation 
using a GaAlAs diode laser emitting at 805nm. The operation 
was performed using 300 to 1300 mW and exposure durations of
0.2 to 0.5 seconds with a 200|iim spot diameter. Jacobson et al 
(150) also used a 805nm wavelength with power levels of 500 
to 700 mW in iridectomy. Absorption of diode or argon laser 
energy is dependent on tissue pigmentation. The principal
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Part II: Excimer lasers experiments

There are a growing number of situations where high peak 
power laser light must be delivered through an optical fibre, 
eg. in industrial and medical applications. For medical 
applications based on the photo-ablation of tissue, the 
fibres must be capable of transmitting high peak power 
without substantial change to the fibre transmission and 
without damage. Three main advantages of fibre delivery of 
laser light are: (i) - it gives greater maneouvering freedom 
to the surgeon than mirrored reflector systems, (ii) - it 
allows power to be delivered endoscopically through natural 
body canals without more invasive surgery, and (iii) - it may 
allow the laser to be located outside the operating room.

There are, however, limitations to power transmission 
arising from the onset of optical nonlinearities and physical 
damage to the fibre core. Damage can arise from a number of 
factors such as laser power density, fibre surface quality 
and impurities and is dependent on wavelength and pulse 
duration. Also, the effect of fibre optic tips should be 
taken into account when studying problems concerning heat 
damage to the fibre and tissue,(1,2).

This section (II) is mainly concerned with studying 
optical fibre transmission properties in the ultraviolet 
region using different excimer laser wavelengths. Chapter 
3 reports optical fibre preparation, laser-fibre coupling 
and the transmission capabilities of different types of fused 
silica fibres using XeCl, KrF, and ArF lasers under various 
conditions. This is followed by a study of the interaction of 
fibre-delivered UV light with some organic materials such as
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polymers and lens tissue in Chapter 4.
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Chapter 3
Fused silica fibre studies

3.1 - Basics of optical fibres

An optical fibre consists of a central part called the 
•core' surrounded by a material called the 'cladding' as 
shown in Fig. 3.1

Fig. 3.1 - Light transmission in an optical fibre

There are two possibilities for light behaviour:
i. If n2<n2, then the refraction angle follows Snell's law,

ni sin 0O = n2 sin ex
where m  and n2 are the core and cladding refractive indices 
respectively, and a ray is transmitted at the boundary.
ii. If m > n 2, and e0>ec, the critical angle, electromagnetic 
waves can be confined to in the core region by total internal 
reflections taking place at the boundary between the core and 
cladding. The critical angle is given by 6c=Sin-i n2/ni.

The fundamental parameters describing the characterist­
ics of optical fibres are the relative refractive index 
difference A , the numerical aperture N.A, and the maximum 
external acceptance angle, defined as:
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n i  -  n ?

A = --------
m

V 2
N.A = (niz - n22)

N.A
0*** = Sin-i ----

n*

m  and n2 govern the value of N.A. which is determined by the 
difference in refractive index between the core and the 
cladding. It is a measure of the light acceptance capability 
of the optical fibre and as the N.A increases so does the 
ability of the fibre to couple light into the fibre over a 
wider range of input angles.
Coupling efficiency also increases as the fibre diameter 
increases, since the larger fibre can collect more light. 
Thus, the maximum light collection efficiency occurs for 
large diameter and large N.A fibres. On the other hand fibres 
with large N.A have high losses. Throughout these experi­
ments multimode step-index fibres have been used having a 
constant core refractive index surrounded by constant 
cladding refractive index. The optical fibres and lasers used 
are listed in table 3.1 and more details given in the 

following sections.

3.2

3.3

3.4
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Table 3.1 - Optical fibres used in these experiments.

Type
Core

diameter
cym)

N . A X (nm) Supplier

PCS 600 0.4 308,248 Quartz and Slice

PCS 1000 0.4. 308,248 TSL group pic

HCN 600 0.37 248
Optronics pic

HCG 550 0.22 248

sup.
PCS

1000 0.4 308
Tech, optics LTD.

sup.
G

600 0.22 248,193
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3.2 - Fibre preparation
3.2.1 - Polishing.

Before an optical fibre is used it must be cut and 
polished very carefully. An attempt was made at the beginning 
to cut a PCS 600pm core diameter fused silica fibre with 
pulsed TEA CO2 laser. The laser had lOOmJ output energy 
focused through a 100mm focal length NaCl lens. Although, 
this energy was selected arbitrarily, it resulted in clear 
and sharp core cutting but left molten buffer and cladding
(see Fig. 3.2).

Fig. 3.2 PCS 600pm fibre cutting with C02 laser

The above procedure was repeated with an excimer laser. 
The 60mJ output energy of an ArF laser (I93nm) was focused 
through a 150mm focal length quartz cylindrical lens giving a 
sharp line image on the fibre, but the interaction produced 
no visible cutting of the buffer or silicone cladding.

The second attempt was to cut the fibre with a sapphire 
blade provided by Fibre - DATA Ltd. This was done by placing 
the fibre inside a disc with different size of holes to suit 
different fibre diameters and then scoring slowly until a 
flat end was achieved. However, since the blade was designed
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for use with core diameters ^250pm, only an irregular surface 
was obtained, although no fracturing occured along the fibre 
during the preparation. The final approach was to use a 
scalpel, and although, unlike the sapphire blade, it produced 
side fracturing, it proved more suitable for cutting 600pm 
and 1000pm core diameter fibres.

On the basis of these findings a combination of sapphire 
blade and scalpel was used to score and cut the fibre. The 
fibre surface had then to be made flat using a set of 
different grades (600, 800 and 1200) of emery papers. The 
last step was to use an aerosol cutting polish compound (RS- 
556-34) in order to achieve a smooth surface. At later stages 
of the polishing procedure, an air-jet blower was used to get 
rid of the particulates left on the surface during the 
polishing. Alternatively, a cleaning solvent (FDCF 1000, 
Fibre - DATA) was also used for the same purpose. Figure 3.3 
shows an example of fibre before (a) and after (b) polishing 
process.

Fig. 3.3 - optical fibre before (a) and after (b)
polishing.
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3.2.2 - Laser-fibre coupling
Once the fibre is polished, the laser light must be 

coupled to it as efficiently as possible. Four important 
steps were employed for all the experiments throughout this 
work which are equally applicable to all types of lasers 
and fibres. However, here only one example is given for 
clarity ie, PCS 600pm core diameter and the KrF (248nm) laser.

Step 1 - Illumination of fibre.
A circular aperture was used to select of region of uniform 
fluence from the output beam and a suitable lens was then 
used to image this aperture on to the fibre core. A thin wire 
placed across the aperture was used to assist image 
focussing. The required demagnification was calculated 
knowing the lens focal length. The numerical aperture was 
also checked against the acceptance angle of fibre so that 
the light enters within its limit.

Step 2 - Measurement of the lens-aperture loss.
The transmission loss of the lens and aperture were measured 
separately and combined to give a net transmission which for 
all the excimer lasers used in these experiments was between 
80 and 90%. The lowest transmission corresponded to the ArF 
laser at 193nm where the lens started to exhibit increased 

absorption.

Step 3 - Measurement of required spot size.
In these experiments the input beam to the fibre was chosen 
to cover 85% of the core diameter to avoid the core-cladding 
interface damage. The spot size was measured as follows: A 
thin mylar film was placed at the focal plane of the lens and

125



irradiated by the laser. The smallest spot was obtained at 
this position but by gradually moving the film backward using 
a micropositioner, the spot could be recorded in different 
planes as shown in Fig. 3.4. The spot sizes were then measur­
ed using a stereo microscope and once the required spot was 
selected, the fibre was moved to that particular position.

Fig. 3.4 - Image of aperture recorded using 
unexposed, developed Polaroid.
The line is produced by a wire on the 
aperture that was used to assist 
focussing. The lens-target distance 
and spot size increases from R — L.

Step 4 - Optimization of the fibre position
Once the fibre was positioned to achieve the required spot 
size a thin transparent film was placed in front of the fibre 
so that the fibre input and irradiated area could be observed 
simultaneously using a stereo microscope. When the fibre had 
been positioned behind the irradiated area the film was 
removed and the laser beam was attenuated to avoid fibre 
damage during its final adjustment. At this stage the trans­
mitted beam was monitored using a pyroelectric joulemeter 
whilst adjusting the micropositioner in the X-Y directions. 
When the maximum signal was obtained, the fibre was kept in 
that position for the subsequent experiments. Finally, the 
actual experiment began when the film was removed and the 
fluence set to a required value using the attenuators.
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3.3 - UV lagers and fibre experiments
The object of these experiments was to investigate some 

of the physical characteristics of different types of fused 
silica fibres for various excimer laser wavelengths. These 
characteristics were mainly the transmission capability, 
flexibility, and damage thresholds which are important 
parameters in clinical applications of lasers. The type of 
optical fibres used in these experiments are given in table 
3.1. Since these fibres were not all available at the same 
time, only a limited amount of work could be carried out with 
each type of fibre and laser. These results are discussed in 
detail in section 3.4.

3.3.1 ~ Method and results - XeCl laser
Fig. 3.5 illustrates the experimental set up for

measurement of the 308nm laser pulse duration. The output 
beam was diverted by a quartz beam splitter to a vacuum 
photodiode (FD 125). The signal was displayed on a Tektronix 
7834 oscilloscope with its given output recorded using a 
digitizing camera. The pulse duration was measured
approximately as 5ns (FWHM) as shown in Fig. 3.6.

Fibre experiments
For experiments with the 308nm laser, two types of 

fibres were used: PCS 1000pm core (w) and Superguide PCS 
with a 1000pm core. The PCS 1000pm (w) has a silica core with 
3000 ppm OH- content, a silicone resin cladding and 
Ethylene-Tri-Fluoroethy1ene (ETFE) jacket. The Superguide PCS 
has a pure fused silica core , plastic cladding; and Tefzel 
jacket. The first set of these experiments were to study the
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beam splitter

Fig. 3.5 ” Experimental set up for measurement 
308nm laser pulse duration.

screen

of

Fig. 3.6 - Pulse shape of XeCl laser, T = 5ns.



fibre transmission for various fibre lengths in order to 
derive the attenuation coefficient for the 308nm laser.

Transmission properties
The fibre jacket from the input end was first stripped 

for approximately 5mm so that the core surface could remain 
free of possible contamination from debris produced during 
the experiment. An example is shown in Fig. 3.7.

Fig. 3.7 - An example of stripped fibre
This was then followed by the '4-steps' procedure described 
in section 3.2.2 for laser-fibre coupling. The output beam 
passed through a circular aperture (6mm) to select a region 
of uniform fluence and a quartz lens of 30mm focal length was 
used for imaging. The experiment began with the longest fibre 
and the laser operating at 1Hz. Transmission was measured as 
the ratio of output energy to input energy within + 5% 

accuracy.
In order to avoid possible cumulative effects on the 

surface and bulk of the fibre, energy transmission was 
measured using one pulse only. Once a measurement was 
recorded, the fibre was cut to a smaller length, polished and 
the above procedure was repeated. It can be seen from Figs.
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3.8 and 3.9 that the fibre transmission decreases as the 
length of fibre increases and the comparison between PCS 
lOOOjim and Superguide PCS 1000pm shows that both fibres 
essentially have the same transmission at very short distance 
ie, about 80% at 15cm. However, as the length increases, the 
latter shows higher transmission. This may be due to having
less impurities in its core and better quality of cladding 
material.

The distributed loss coefficient, K (cm-i) for a fibre 
can be calculated from the ratio of output energy E0 to input 
Ein using:

E0
E t = ----- = Ti T l T o 3.5

Ein

-KL
where TL = e 3.6
describes the distributed loss, L being the fibre length, and 
Ti and T„ the input and output transmission.
Rearranging eqn. 3.5 gives:

In E t = In (TixTo) - KL 3.7
so that values of TixT. and K can be found from the intercept 
and slope of a plot of In Et versus L.
From Figs. (3.8b) and (3.9b), Ti x To ~ o no1 x Ao_Q.82 and assuming
that for relatively low fluence Ti ~ ra  _ Tot the input and output
coupling efficiency becomes Ti ~ T« = qi*_  o This corresponds
to a loss of 9%, part of which is due to Fresnel reflection
at fibre face given by:

- [ — ]L n+1 J 3.8

where n is the core refractive index. For pure fused silica, 
n 1 1.458 giving R ~ 3.5%. From the slopes in Figs. 3.8b and
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Fig. 3.8 “ Variation of energy transmission (a) and its 
y ’ * logarithm (b) with the length of PCS lOOOum 
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Fig. 3.9 - Variation of energy transmission (a) and its 
logaorithm (b) with the length of superguide 
PCS 1000pm fibre, F~500mJcm-2 using 308nm.



3.9b values of K = 2x10 cro-i (0.86dB m-i) for PCS 1000pm 
and K « 1.60x10 cm-1 (0.69dB m_i) for Superguide PCS 1000pm 
are obtained. For comparison, data sheets provide values of 
(0.3-0.4)dB m_1 and 0.3dB m-i respectively for low power 
transmission at 308nm. This descrepancy might be due to 
additional losses that are incurred under high power, pulsed 
laser conditions.

In a clinical environment the transmission capability of 
laser light in a liquid environment such as saline is 
important. To study this a perspex container (50 x 40) mm 
incorporating a fibre was made (Fig. 3.10a) and filled with 
saline (9g salt: 1 lit. distilled water). One meter of PCS 
600um fibre was used, with the laser operating at 1Hz and an 
input fluence of about 500mJ cm-*. The position of joulemeter 
was kept constant above the container while the fibre was 
gradually pulled downward hence increasing the separation,
L. Fig. 3.10b shows that the energy transmission decreased by 
more than 50% at d=4cm which corresponds to a loss of ~ 220
mJcm-2 compared with when the fibre tip is just below the 
saline level. This reduction is mainly due to absorption of 
radiation by saline and by using the data in Fig. 3.10 a 
value for absorption coefficient of saline of 0.27cm-i was 
deduced which is somewhat larger than the value reported in 3.

Another important factor is the bending loss of the 
fibre. To test this a two meters length of Superguide PCS 
1000|im was used to produce different diameters of bending. 
The geometry is shown in Fig. 3.11 where the fibre is held in 
position by a disc in such a way as to produce a single loop 
(360°) bend. The laser was operated at 1Hz with input fluence
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Fig. 3.10 - The experimental set up for energy trans­
mission measurement in saline (a) and its 
variation with distance, L, in saline (b), 
using PCS 600um at 308nm.



(a)

Fig- 3-11 “ An example of PCS 1000|im fibre bending (a), 
and variation of transmission with the 
inverse bend radius i/rb (b) at F2500mJcm-2 
at 308nm.



of about 500mJcm-2.
As can be seen in Fig. 3.11b a transmission of 2 81% was 

achieved for the straight fibre (ie,i/rb = o) this decreasing 
steadily as the bending radius rb decreased to around 10cm, 
beyond which (1/rt> 0.1cm-1) transmission remained approx­
imately constant.

3.3.2 - Method and results - KrF laser
The laser used in these experiments was a Lambda 

Physik-EMG 50E (248nm) device. Prior to experiments the pulse 
duration of the laser was measured as 15ns at FWHM(Fig. 3.12).

A
\

-j_yi
i ------------ r

T l=  1 . 492nS Vi=-449.765nV DI= 58,20inS

----------------^

¿V=-3.48hV 1

Fig. 3.12 - The pulse shape of KrF laser 
An energy of 29mJ was achieved using a fresh gas mixture and, 
under sealed-off conditions and a PEF of 1Hz, the energy 
remained constant for in the excess of 30 minutes which was 
sufficient for performing the experiments. Measurement of the 
coupling and transmission loss of a Superguide-G 600pm fibre 
were carried out using similar procedures as discussed above. 
The laser output was passed through a 6mm diameter aperture 
and imaged on to the fibre face using a 30mm focal length
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quartz lens. At a relatively low fluence (85mJcm-2) a 
transmission of more than 90* was achieved using a 15cm long 
fibre, this decreasing to 24* at 4 meter (Fig. 3.13a). 
However, when the fluence was increased to about 460 mJcm-2 
and 2800 mJcm-2 the transmission decreased to just below 70* 
and 60* respectively. The distributed loss coefficient K, 
and the coupling efficiency were derived from Fig. 3 .1 3b 
using equation (3.5). A mean value of K=3.63 x 10-3 C1J1- X ( o r  

1.6dBm-i) was obtained for 85 and 465mJcm-2 which is very 
close to the data sheet value of about 1.5dBm-i, and a value 
of 6x10 cm*i(2.6dBm-i) at 2800mJcm-2. At 85mJcm-2 the coupl­
ing efficiency TixT0 was measured to be 0.9, giving Ti~95* 
assuming Ti~T0 ie. an input and output loss of only 5*. By 
the same argument, Ti values of 82* and 72* were measured at 
fluence of 465 mJcm-2 and 2840mJcm*2 respectively. This con­
firms that the transmission loss at high fluences is due to a 
decrease in coupling efficieny, although at the highest 
fluence the distributed loss is also higher.

The effect of fluence on the energy transmission was 
studied as follows: One meter of PCS 600pm fibre was prepared 
and irradiated at various energies for an input spot area to 
the fibre of Ain ~ 2x10 cm2 (Fig. 3.14). It can be seen 
that whilst a transmission of 29* was obtained at relatively 
low fluence (2 0.24Jcm-2) this fell to ~ 1 5* when the fluence 
reached 1 6Jcm-2. similarly a transmission of about 90* was 
obtained for a 0.5m PCS 1000pm fibre at low fluence (20mJcm-2) 
but this fell to just below 40* at about 2Jcm-2 (Fig. 3 .1 5a). 
For HCN 1000pm fibre the transmission was also above 80% at 
low fluence (130mJcm-2) but reduced to about 40* at higher
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Fig. 3.13 - Variation of energy transmission (a) and its 
logarithm (b) with the length of superguide~ 
G 600(im fibre, Fi285mJcm~ 2, F2~465mJcm-2, 
F322840mJcm-2 using 248nm.



values (Fig. 3.15b). This decrease in energy transmission 
with increasing fluence can probably be attributed to a

Fig. 3.14 - Energy transmission of PCS 600um, L=lm 
as a function of fluence at 248nm.

reduced coupling efficiency because of non-linear absorption
and possible surface damage. Also, the cumulative effect of
previous shots at different fluences can be important even
though only one pulse was used for each point shown.

The next experiment was concerned with the multishot
exposure effect at a constant fluence on transmission. One
meter of PCS 600pm was prepared and set up as before and
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irradiated at the fluence 23Jcm"2* Fig. 3.16 shows the 
results of this experiment where, after 60 pulses, the energy 
transmission has fallen from its initial value of 19% which 
was measured after 2 pulses to about 16% and then remains 
more or less constant up to 200 pulses. After this the trans­
mission falls rapidly reaching a value of 3.5% after 900 
pulses. An important observation during the experiment was 
the formation of a white region around the fibre input end as 
the exposure time increased. This region appeared as 'ring- 
like' lines which were thicker near the fibre tip and 
became thinner further away. No spark (plasma) was observed 
during the experiments.

1 / pulse No (10“3J

Fig. 3.16 - Cumulative effect of multishots on trans­
mission at constant fluence of 3Jcm-2 using 
PCS 600pn at 248nm.
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The transmission decrease in this particular case is 
mainly due to prolonged exposure time and hence relatively 
large number of pulses. As no catastrophic damage due to 
plasma formation was observed the cause of the limitations to 
power transmission probably mainly arise from non-catastro- 
phic physical damage to the fibre core. It is known that 
multishot laser-induced absorption bands at 210 and 265nm 
limits the fibre transmission, with the latter associated 
with a non-bridging oxygen hole centre (NBOHC).

Fig. 3.17 shows the energy transmission of PCS 1000pm 
(L=0.5m) and PCS 600pm, (L=lm) as a function of input 
irradiance. The irradiance was calculated by dividing the 
input energy by the product of the laser pulse duration and 
70* of the fibre core area.

C
o
<0

£
«0
c<0

o>
©

LU

Input Power Density (MW cm"2)
Fig. 3.17 - Non-linear transmission of PCS 1000pm,

L=0.5m(#) and PCS 600pm, L=lm(8) at 248nm.
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As the single-shot laser irradiance level at the fibre 
surface was increased considerable non-linear attenuation was 
observed. The onset of increased loss occurs at values of 10 
and 13 MWcm-2 (Fig. 3.17) for PCS lOOO^im and PCS 600pn fibres 
respectively.

The last experiment in this section was to test the 
fibre bending loss. Fig. 3.18 shows the transmission of

Fig. 3.18 - Energy transmission of PCS 600nm «  
and HCG 550pn (■) as a functioK of 

b?nd radius at F;3.5Jcm-i and F_2Jcm-i respectively using 248nm.
energy as a function of fibre bend radius for PCS SOOps at
constant fluence of 3.5Jcm-i and HCG 550|im at a fluence of
2Jcm" The initial transmission for a straight section of
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HCG 550pm was measured as about 30%; the transmission then 
fell quite rapidly as the diameter of bend decreased such 
that this was below 10% at the minimum radius of 1.25cm just 
before it broke. For PCS 600pm, the initial value of trans­
mission was measured to be 15% for a straight sample and this 
transmission likewise decreased with increased bending 
though somewhat more abruptly than for the smaller core 
fibre. The results are consistent with the principle that 
losses due to fibre bending decrease as the core radius 

decreases.
Fig. 3.19 shows three different examples of fibre 

damage. It can be seen in Fig. 3.19(la) that when the fibre 
was placed very close to the focal point of the input lens 
even at relatively low fluences, catastrophic damage due to 
breakdown occured. When the fibre was positioned behind the 
lens focal plane so as to produce an input spot size filling 
~ 70% of the fibre core area, prolonged exposure at high
fluences also led to permanent mechanical damage which is 
illustrated in Fig. 3.19(lb). Here linear fracturing along 
the core surface can be seen. Figs 3.19-2(a),(b),(c) show 
different types of bulk damage, and the misalignment
damage caused by the fibre being off-axis hence resulting in 
severe damage of cladding and jacket, Fig. 3.19-(3a,b).
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( 1 ) Surface

(x50)(a) multishot effect
\= 248nm, PCS 600pm

JJ )  tataauupuiv; cilcov, /

X  = 248 nm, HCN 600pm V ' 
irradiation time ~ 15mins

(2)

(xlOO) ( x i o o )

Bulk damage

(a) cumulative damage (b) 
length ~ 3mm 
X =  248nm, PCS 600pm 
damaged length 2 3mm

Fractured (c)
length 2 10mm 
X =  248nm, HCN 600pm 
damaged length ~ 10mm

internal explosive 
effect, inside focused 
length ~ 15mm 
X  = 248nm, PCS 600pm.

Fig. 3.19 - Examples of surface damage (1), bulk damage 
(2) and misalignment damage (3) of PCS 600um 
using 248nm.



(3) misalignment damage



3.3.3 - Method and results - ArF laser

Fig. 3.20 shows the variation of transmission with fibre 
length for three input fluences (60, 470 and 4700 mJcm-2). 
The maximum radiation transmission was just below 50% at a 
fluence of 60mJcm-2 and fibre length of 20 cm. From these 
results a mean value for the attenuation coefficient of 
K=7xl0_3cm-1 (ie. 3dBm~i) was obtained. The data sheet value 
is about 2.5 dBm-1 which is slightly lower than measured 
value.

The coupling efficiency at 60, 470 and 4700 mJcm-2 was 
calculated as 53%, 37% and 5% respectively; assuming Ti21T0 
corresponding values of 72%, 60% and 22% are obtained for T0, 
(Fig. 3.20b). It can be seen (Fig. 3.20) how rapidly the 
transmission reduces with increasing fluence. It is 
reasonable to assume that losses at the fibre input are 
higher than the output end and the likely mechanism of damage 
caused by 193nm radiation is due to colour-centres formation.

Figure 3.21a shows the variation of transmission as a 
function of fluence where each point shown on the graph 
represents a new piece of fibre (L=20cm) and the transmission 
at each fluence was measured after 1 pulse only. The data 
shown in Fig. 3.21a were used to plot the transmission versus 
input irradiance (Fig. 3.21b) in order to evaluate the onset 
of non-linearity of Superguide-G fibre. However, this was not 
possible due to lack of sufficient data at low fluences.

The final experiment in this section was to study the 
bending loss of a lm fibre long sample. A maximum energy 
transmission of 16% was obtained when the full length of the 
fibre was in the straight position. Transmission fell to less
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Fig. 3.21 - Measurement of energy transmission of Super- 
guide-G 600yim fibre as a function of input 
fluence (a) and input power density 
(b) at 193nm.



than half a percent at a radius of 18cm and at a radius of 
6cm was essentially zero. A very rapid energy loss was there­
fore inccured at relatively large bending diameters.

Fig. 3.22 - Plot of energy transmission as a function 
of Superguide-G 600yim fibre bend radius at 
Fi n~ 4 2 0 mJcm-2, (L=lm), using 193nm.
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Discussion
The interaction of high power UV laser pulses with fibre 

material causes specific problems which have been studied 
recently by several groups (4-10). The maximum amount of 
excimer laser energy which can be transmitted is limited by 
the onset of optical non-linearities and physical damage to 
the fibre. Laser damage is influenced by laser power density, 
wavelength, pulse duration, fibre surface quality, and 
impurities. By surface damage, it is normally meant the 
formation of a plasma at a dielectric surface due to, for 
example, electron avalanche. Generally the surface damage 
threshold is much lower than the bulk for two reasons: First 
due to the fact that a mechanically finished surface exhibits 
many defects, eg. cracks and imbedded polishing materials and 
secondly due to contamination by air borne particles, finger
p r in t s  or im p u ritie s  such as H20.

T ran sm issio n  lo ss  i s  one o f tha im portant parameters 

t h a t  must be taken in to  account „hen e v a lu a tin g  the 

e ffe c t iv e n e s s  of u lt r a v io le t  high power d e liv e r y  through 

o p t ic a l  f ib r e s .  Loss of tran sm issio n  w ith in c re a s in g  length  

o f f ib r e  can be d escrib ed  u sin g  equation 3 .6  where the energy 

tra n sm iss io n  e x h ib its  an exponential decrease w ith length due 

to  d is t r ib u t e d  lo s s .  These lo sse s are produced by absorp tion  

a t  im p u r it ie s  and d efects and a ls o  by s c a t t e r in g , improved 

tra n s m is s io n  o f 308nm XeCl la s e r  r a d ia t io n  was obtained  

u s in g  superguide PCS ra th e r than o rd in ary  PCS f ib r e ;  t h is  was 

shown by the sm a lle r d is tr ib u te d  lo s s  c o e f f ic ie n t  o f l . a x l o ' 3 

cm -i fo r  Superguide PCS compared w ith 2 x lo ' 30m -l fo r o rd in ary  

PCS. T h is  improvement i s  a ttr ib u ta b le  to  the p urer core
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material of Superguide.

Since some of the medical applications take place in a 
liquid environment, a simple experiment was performed to 
study the effect of energy transmission in saline. It was 
shown (Fig. 3.10b) that the 308nm transmission decreases 
rapidly with distance. This decrease is due to UV absorption 
in saline. Another cause of transmission loss is fibre 
bending which in most practical clinical applications is 
unavoidable. An example is shown in Fig. 3 . 1 1  where the 
transmission was 81% using PCS 1000pm fibre in a straight 
position but fell to ~ 40% at a bend radius of locm, beyond 
which the transmission remained fairly constant.

Variation of energy transmission with length using 
Superguide-G fibre was studied with the 248nm KrF laser at 
three fluenoes (Fig. 3.13). A transmission of more than 90% 
at esmjcm-l for a 15cm long fibre was achieved but as the 
fluence was increased to 460mJcm-2 and 2800mJcm-! this 
decreased to just below 70% and 60%, respectively. This is
probably due to non-linear absorption at the front surface of 
the fibre which results in increased end losses associated

with coupling energy into and out of the fibre. All fibres
investigated at 248nm exhibit a rapid decrease in transmiss­
ion with increasing fluence (Fig. 3 .1 4 , PCS 600pm; Fig. 3.i5a 
PCS 1000pm; Fig. 3.15b 1000pm), restricting efficient trans­

mission to fineness «0.25Jcm-2. The lower transmission of 
HCM fibre (Fig. 3.15a) compared with Pcs fibre is due to its 
higher core impurities which was confirmed by the 
manufacturer (Optilas).

The object of energy transmission measurements versus
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pulse number was to study the fibre lifetime under the 
cumulative effect of multishot exposure at a constant 
fluence (3Jcm-2). The results, shown in Fig. 3.16, indicate 
that the fibre output remained constant for the first 200 
pulses and then began to decrease. Since no audible sound or 
plasma formation was noted, it is conjectured that the trans­
mission loss is due to laser-induced absorption bands at 210 
and 265nm which are associated with colour-centre formation 
and NBOHC defects (15).

There are a number of other non-linear effects such as 
stimulated Raman scattering (SRS), stimulated Brillouin scat­
tering (SBS), and multiphoton absorption which can reduce the 
fibre transmission at high irradiance levels. SRS and SBS can 
be neglected in these experiments because of the very short 
lengths of fibre used. However two-photon absorption can be 
important and has been observed at 248nm by Itoh et al (11)
in short (1-2) metre lengths of fused silica fibres at

6 8irradiance levels in the range of 10 - 10 W/cm2.
By plotting the measured values of inverse transmission 

versus the product of irradiance and the fibre length, a two- 
photon absorption coefficient is then given by slope of the

- 4
line. In these experiments the values of 0.3x10 cm/MW for

- 4
PCS 600jim and 3.3x10 cm/MW for PCS 1000pm were evaluated 
which are in close agreement with those reported by Taylor et

al (5,6).
Different types of fibre damage are shown in Fig. 

3 19(2a) shows an example of fibre damage following multishot 
irradiation which was discussed for PCS 600pm and shown in 
Fig 3.16. However, when the fluence exceeded 6Jcm-2 the
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surface was badly damaged after a few pulses due to break­
down and plasma formation. Fig. 3.19(lb) shows the effect of 
catastrophic breakdown of the fibre surface. If one continued 
to irradiate the fibre at such a high fluence level the 
surface would be completely shattered and fractured along the 
bulk of the fibre as shown in Fig. 3.19(2b). Finally, frag­
ments of the fibre core would disintegrate leaving an 
irregular surface and seriously decreasing beam transmission. 
One last type of fibre damage which could seriously affect 
the transmission is ’off-centre* or ’misalignment' of the 
laser as shown in Fig. 3.19(3a,b). This damage is caused by 
Interaction of the UV beam with the cladding-core interface 
as the diverging beam comes into contact with the core 
circumference ju3t inside the input face.

The surface damage threshold was measured by Pini et al 
(7) as 2.1Jem- 2 for a PCS 600 pm fibre using 249nm, although 
Allison et al (8) believe that the damage threshold varies 
widely, eg. (0.7-3.5 )Jcm-2 at the input face. Taylor et al(5) 
showed that the surface damage threshold varied as A-W4 
where A is the laser beam area at the core. Although this 
dependency is weak, it points to the necessity of using 
similar laser beam areas when comparing damage threshold data.

Results obtained with the ArF laser (Figs.3.20 and 3.21) 
show the severe limitation on transmission at moderately low 
fluences. For examples, the transmission through a 20cm fibre 
was only about 50% at 0.06Jcm-2 and at 0.47Jem-2 the trans­
mission dropped to ~5%. Therefore, for ablation of targets 
using fibre-delivered ArF laser it is best to use fluences as 

low as possible.
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Unlike the KrF laser experiment with Superguide-G where 
the non-linearity began at _> lOMWcm-2, with the ArF laser no 
value can be calculated from Fig. 3.21b for the onset of non­
linearity due to lack of sufficient experimental data at low 
irradiance. This is because no 'turning point' was observed 
in the present data, (Fig. 3.21b), although Taylor et al (6) 
have measured a value of (0.6-0.7) MWcm-2 for the inception 
of non-linearity. This shows there is a need for more data at 
lower irradiance levels than used in this present experiment. 
However, the two-photon absorption coefficient for ArF-fused 
silica fibre is an order of magnitude greater than if the KrF 

is used (6).
The final experiment with the ArF laser was to study the 

fibre bending loss by measuring its transmission at 
different bend radii, Fig. 3.22. The initial transmission of 
a 1 metre fibre at 0 .4 2Jem- 2 was measured to be about 16% 
which is consistent with Fig. 3.20, but it rapidly approached 
zero at a bend radius of 20cm ie, a loss of 98%.

Distributed loss in fibres is made up of intrinsic and 
extrinsic components. The intrinsic losses involve i - 
absorption due to electronic transition and lattice vibration 
and ii ” Rayleigh and Raman scattering. Extrinsic losses, 
however, mainly arise through i - impurity absorption because 
of transition metal and OH vibration, and ii - scattering due 
to structural imperfections. Perhaps two of most important 
factors for fused silica are the absorption loss due to 
electronic transition and Rayleigh scattering. A fundamental 
absorption due to electronic band gap transitions results in 
an UV absorption tail which varies exponentially with the
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photon energy E according to

0£ = exp [ (E-Eg )/kT] 3.9
where Eg, k, T are the band gap energy (~8eV), Boltzmann 
constant, and temperature respectively. Thus the most suit­
able materials for use would be those with higher energy band 
gap in order to reduce the effect of the UV absorption tail.

Rayleigh scattering on the other hand is caused by small 
particles and inclusions in the material which result in 
microscopic variation of local dielectric constant. The 
scattering coefficient is proportional to which means the
amount of scattered light increases as the wavelength 
decreases. According to Pinnow (12) the contribution of
Rayleigh scattering to the attenuation coefficient is about 
30% for fused silica.

Another factor which should be taken into account when 
considering the damage is the type of fibre ie, 'wet' or 
•dry' depending upon the concentration of OH doping. This is 
of interest because the presence or absence of OH has a 
significant effect on the types of point defects present in 
fused silica. Low-OH material have a higher concentration of 
defects such as Si-Si bonds and Si-O-O-Si bonds, whereas in 
the high-OH material defects such as Si-OH are more common 
(13). These defects in turn affect the fibre response to 
radiation including the generation of electron centres (E1 
centres) and other defects by ultraviolet light at energies 
below the band gap (14). Therefore, the dry silica fibre is 
better suited for IR transmission because of removal of OH 
absorption at 1.35|im and wet fibres much better suited for UV 
transmission since the inclusion of water in the lattice
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helps to reduce stress in the silica during annealing. This 
is because hydrogen atoms have finite mobility at room 
temperature, allowing them to seek out and attach to dangling 
bonds. A well known colour centre in fused silica is related 
to an absorption band at 4.8eV at 260nm (15,16) which 
corresponds to a red luminescence band of 1.9eV at 650nm 
(15,17/18). The centre is undesirable for KrF laser optics 
since the photon energy of the absorption band is close to 
that of the laser ie, 5eV at 248nm.

Some comments on the use of optical fibres with excimer 
lasers are given in table 3.2. Briefly, the experiments 
showed that PCS 600um has a satisfactory flexibility and 
relatively a good transmission for 308nm radiation. The 
flexibility of this fibre reduced when a larger core diameter 
(10 0 0pm) was used but still maintained a high transmission at 
moderate fluences using this wavelength. When using shorter 
wavelengths (248nm, 193nm) its transmission capability was 
greatly reduced as explained before.

HCN fibre showed a poorer transmission at both 308nm and 
2 4 8nm mainly due to high core impurity. It is also less 
flexible compared with the PCS fibre. With a smaller core 
diameter fibre such as HCG, a much better flexibility and 
very good transmission was observed using the 308nm wave­
length, and it was also possible to transmit 248nm radiation 
for relatively long periods of time.

The transmission of 308nm and 248nm wavelengths was 
improved when a Superguide PCS fibre was used because of its 
higher core purity. However, Superguide-G 600pm proved to be 
by far the best fibre compared with the others investigated.
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It exhibited sufficient flexibility and a much better 
transmission at all wavelengths particularly at 193nm where 
other fibres failed to transmit any useful level of ArF laser 
radiation.
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Table 3.2 - Summary of the fibres performance in 
these experiments.

Fibre
(core diameter)

Transmission
(nm)

Flexibility 1

PCS 600

308 good 
248 poor 
193 ---

v. good I

PCS 1000

308 good 
248 poor 
193 ---

good

HCN 1000

308 poor 
248 v.poor 
193 ---

poor I

HCG 550

308 v.good 
248 good 
193 poor

excellent

Sup. PCS 
1000

308 v.good 
248 good 
193 v.poor

good

Sup. G • 
600

308 excellent
248 v.good
193 good <0.5Jcm~2

v.good

148



For the XeCl laser which is the most attractive for 
medical applications such as angioplasty, the induced 
absorption in fused silica fibres is negligible because of 
the small photon energy. The use of KrF laser radiation is 
very doubtful in medicine due to its carcinogenic effects, 
but the study of fibre transmission at this wavelength 
(2 4 8nm) should give additional information regarding the 
nature of photoinduced colour centres in fibres.
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Chapter 4

infraction of „ ......
4.1 - Introduction

F o n o w in , the d isco v a ry  by S r in lv a sa n  and hayne-Bahton 

o  n th a t polymers could be etched with , u W c r o n

r e s o lu t io n  and without apparent thermal damage u sing the

“  IS S e r ' —  - g a n  to study the
medical and electronic applications of photoablatlon In
o rd e r to e f f ic ie n t ly  u t i l i s e  excimer la s e rs  for + h

, . , fo r ^ e  a b la tio n
o f b io lo g ic a l  m ate rial and for use in  re la te d  •

. . . . .  a t d M icrosurgery
a p p lic a t io n s  i t  i s  d e s ira b le  to have a c le a r  u n d e r s t a n d ,  of 

th e a b la t io n  p ro cess. The mechanism(s) by whtch the ln t e r _

a c t io n  between excimer la s e rs  and m a te ria ls  takes p lace „ 1 U  
Jbe d is c u s s e d  in  d e t a il  la t e r .

in  Chapter 3 the UV tra n sm issio n  of d iffe re n t  types of

fu se d  s i l i c a  f ib r e s  was stu d ie d , and co n sid e ratio n  given the

limitations imposed by each of the main UV excimer laser
w av e le n g th s. In  t h is  chapter the a p p lic a t io n  of f lb

d e liv e r e d  UV r a d ia t io n  to the a b la tio n  of organic polymers6

such as polyetheylene terephthalate (PET; Mylar) ^
p o ly im id e  (Kapton), and to b io lo g ic a l l„ „ .o g ic a l lens t is s u e  a b la tio n
is reported.

T h is  t is s u e  was chosen as there was a s p e c if ic  in te r e s t

in  e v a lu a t in g  the p o te n tia l fo r u sin g  the f ib re  d e liv e re d

excim er la s e r  fo r  ophthalmic a p p lic a t io n s  such as phaeco-

e m u ls if ic a t io n ,  lens capsulatomy and v itre o u s  surgery (see
c h a p te r  2 ) .  The main in t e r e s t  in  a b la t in g  organic polymers ^

t h a t  th e y  are easy to work w ith, and nrovidsa
provide a u sefu l 'model'

to study biological tissues. However + u
“ever, there are s ig n if ic a n t
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differences, notably that organic polymers have excellent 
homogeneity which is not the case for biological tissue. In 
addition the saline content of tissue is likely to lead to 
modified interaction mechanisms. The chemical structure of 
PET and polymide repeat units are shown in Fig. 4.1. The 
weakest bonds in the former are 0-C and C-H and in the latter 
the N-C bond. The dissociation energies for these bonds are 
estimated to be about 5eV.

H H O O

O
I!

O
II

— N N

II
O

IIo
(b)

pig. 4.1 - Schematic diagram of (a) PET and 
(b) Polyimide monomers.



4.2 - Ablation of organic polymers with KrF and ArF lasers
Ablation experiments were performed using a Lambda- 

Physik EMG-50E KrF (248nm) laser with a 15ns (FWHM) pulse 
duration. The films used were 70pm thick PET (Melinex) and 
90pm thick polyimide provided by ICI and DuPont respectively. 
The experimental setup is shown in Fig. 4.2 where a 6mm 
diameter aperture was used to select a region of uniform 
fluence from the laser output operating at 1Hz. The aperture 
was imaged onto the input of the fibre using a 30mm focal 
length quartz lens. A 1 meter long PCS 1000pm fibre was 
employed, that had been polished and optimized as described 
in chapter 3.

The output fluence from the fibre was measured as the 
ratio of output energy from the fibre to the full core area. 
Attenuators placed before the aperture were used to vary the 
fluence and energy measurements were made using a calibrated 
pyroelectric joulemeter. During the experiment a small fan 
was placed at a distance of 30cm from the fibre output. This 
fan-fibre distance was chosen so that no vibration occured 
at the fibre. The purpose of the fan was to gently blow away 
ablation products generated during the experiment which could 
have otherwise been deposited on the surface of fibre causing 
absorption and possibly damaging it.

For the second part of the experiment a home-built ArF 
(1 9 3nm) laser with a pulse duration of ~10ns (FWHM) was used. 
The laser operated at 1Hz and the output beam from the laser 
was imaged onto a 15cm long Superguide-G 600pm fibre using a 
50cm focal length quartz lens. The same experimental set up 
as in Fig. 4.2 was used for the ablation of 23pm thick PET.
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Fan

Quartz
lens

(c ~ z :
Fibre

Stereo microscope

Fig. 4.2 - Experimental setup for polymer ablation with 
KrF and ArF lasers
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Material removal measurements were made by exposing the 
polymers to a predetermined number of laser pulses, n, and 
measuring the depth of material removed, A  # using a high 
resolution microscope (Olympus BHM + 2pn depth resolution). 
The average etch depth per pulse was then calculated from

A/n.

Results
Useful information about the material can be derived 

from removal rate measurements by applying Beer's-Lamberts 
law (Eq.4.1A) to describe the etch depth per pulse D, 
according to(2):

1 FD« = ■ in ■ A .,a - 4.1AF t h

Here oi , F and Fth are effective absorption coefficient, 
fluence and threshold fluence respectively. The law in its 
simplest form states that no material is actually removed 
until the absorbed photon energy per unit volume has reached 
a critical value known as energy density, and the plume ret­
ains the same.absorption coefficient as the condensed phase. 
Fig. 4.3 shows the removal rate measurements for PET in air 
using the fibre delivered laser. The etching began at fluence 
of ~ 20mJcm-2 and then increased quite rapidly as the fluence 
was increased. In the range 25-300mJcm-2 (low fluences: L*) a 
fit to the data using equation 4.1A gives cC12xl04cm-1. Be­
yond this the etch rate increases more rapidly possibly as a 
result of increasing plume transparency. Under these condit­
ions (transparent plume) the etch rate is described by (3):
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F-Fth
De = --------- 4.IB

«Fth

and De becomes linearly dependent on fluence. The increased 
transparency of plume is probably due to strong heating of 
the ablation products formed in the early stages of the laser 
puise at high fluence and resulting in their degradation to 
lower mass species which absorb less strongly. In this 
experiment an assumed linear fluence dependence beyond 
~300mJcm'2 (high fluence: hf) in Fig. 4.3 yields from
”  3
eq 4.IB 0£Fthl7xl0 Jem*3 and with Fth225mJcm"2 a value of

4
~28x 10 cm-i for the effective absorption coefficient. This is 
broadly consistent with that derived from eq. 4.1A.

When the fluence exceeded the threshold the ablation was
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accompanied by a weak audible noise which became stronger at 
higher fineness. The acoustic sound is thought to originate 
from the ablation products moving at supersonic speeds, m  
addition to this, the polymer surface in the vicinity of 
ablation site was covered with a light brown colouration 
which according to Srinivasan et al (4) is due to carbon- 
containing species. An SEM of ablation sites on PET are shown 
in Fig. 4.4 where (a) shows an etched area without the fibre 
at 58 mJcm-2 after 150 pulses. The beam is penetrated the 
film at the centre of the spot indicating that the fluence is 
slightly higher on the axis. Fig. 4.4(b) shows a fibre 
ablated region at 204 mJcm-2 with 90 pulses, a close up of 
this in (c) illustrates that there is some irregularity at 
the base of the crater.

Etch rate data for Kapton obtained using the fibre 
delivered XrF laser are shown in Fig. 4.5. For these results 
eq. 4.1A gives values of 13xlo‘cm-i for effective absorption 
coefficient and 19mJan-> for the threshold fluence. During 
the ablation of Kapton with the KrF laser (Fig. 4 .5 ) it was 
observed that a soot-like deposit formed around the inter­

action zone which became darker as the fluence increased. 
These black regions are thought to be formed mainly by solid 
carbon products such as C2, although other volatile materials 
were shown to be present in the ablation plume (5).
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Fig. 4.4 - SEMs of PET ablation with the KrF laser
(a) without fibre at 58 mJcm-2, 150 pulses
(b) with fibre at 204 mJcm-2, 90 pulses,
(c) close up of (b).

cr





Fig. 4.5 Ablation of polyimide 
fibre using KrF laser. (Kapton) with

-
The SEM photographs

-- or Kapton
film ablated without (a) and with (b.c) the optical fibre at
different fluences and pulse numbers.

SEM p h o t o g r a p h s  s h o w e d  t h a t  t h e  K r Fe KrF laser produced
smoother etching of polyimide (Fig. 4 .6a) than PET (Fig.
4 . 4 0 .  This is mainly due to the higher effective absorption 
coefficient oce of the polyimide at t h i a  i

4 thls wavelength (ie
15x10 cm-i which leads to a cleaner cut p«- „

• 4.6c shows the
laser-induced surface modification of Dolvinna vPolyimide by KrF radia­
tion. The conical features have previously, v

7 been observed (6)
in seeded and unseeded Kapton irradiated at 9n«„„,at 308nm and 157nm
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Fig. 4.6 ” SEMs of Kapton ablation with the KrF laser
(a) without fibre at 1200 mJcm-2, 115 pulses,
(b) with fibre at 204 mJcm-2, 600 pulses,
(c) close up of edge region in (b).





and attributed to particulate contamination produced during 
the polymer preparation or through redeposition of the 
ablation products. Recently it was observed (7) that nap-type 
and wall-type structures can also develop on non-melting 
polymer surfaces such as Xapton with the KrF laser.
The final experiment was the ablation of PET with the fibre- 
delivered ArF (193nm) laser. It was found that this polymer 
could be ablated using the fibre system at relatively low 
output fluences <0.5 Jem-2 thus avoiding catastrophic fibre 
damage. The entire experiment used 1500 pulses with 88% of 
those below 243 mJcm-2 and 12% between 243-307 mJcm-2. An 
important observation during the experiment was the red 
fluorescence of fibre which covered the entire 15cm length of 
superguide G fibre, particularly being more intense at the 
ends. As shown by the results in Fig.4.7 the etching began at 
a fluence just above 15mJcm-2 and in the range 15-lOOmJcm-2

4
a fit to the data using equation 4.1A gave «*221x10 cm-i. 
Beyond lOOmJcm-2 the curve steepens (Fig. 4.7) and the slope

4
yields a value of «*212x10 cm-i.
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Fig. 4.7 ” Ablation of 23um PET polymer with fibre 
using ArF laser.



PET Polyimide (Kapton)

A(nm) Thickness
(ym)

^th_2(mJ cm )
«e(lol|) 

(cm *)
aF,, e th__

kJ cm
Thickness

(ym) (mJ cm )
o (10H) e - 1  (cm j

aF,,eth_.
kJ cm

248 70 25 1F 12 3
90 19 15 2.8

hF 28 7

193 23 16
1F 21 3.3 '

lp : lew fluence 

hp : high fluenceHr 12 2

Table 4.1 - Experimental results of polymer ablation with 
optical fibre-delivered excimer lasers.



4.3 ~ Ablation of biological lens tissue
There are numerous clinical applications of excimer 

lasers where the laser beam may and may not need to be 
delivered through a fibre. Ophthalmology is one such example 
where 193nm radiation can be used to produce precise 
incisions and reshaping the surface of the cornea without 
recourse to fibre delivery as was mentioned in Chapter 2. 
However/ other applications such as vitreous surgery or 
diabetic retinopathy and phaecoemulsification would necess­
itate fibre delivery to gain access to intraocular structures.

In this part of the work an attempt was made to study 
the possibility of using 193nm, 248nm and 308nm wavelength
radiation for ablation of lens tissue. A comparison was drawn 
between their etch rates in different media (air and saline).
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4.3.1 - Removal rate measurements with XeCl, KrF and ArF 
lasers

In these experiments a bovine lens was cut from its 
equator in to slices 500pm thick and then stored in Glutar- 
aldehyde Formaldehyde (GF) fixative solution to allow later 
use. It should be pointed out, however, that as preserving 
tissues in fixative may alter their structure, the results
are likely to vary from those applicable ’in-vivo’ to the 
clinical situation.

The experimental set up was essentially similar to that 
in Fig. 4.2 except that a 0.5cm thick cell with a quartz 
entrance window was constructed in order to facilitate the 
ablation of tissue in saline. Ablation of lens in air was 
carried out by imaging the beam of the XeCl laser with a 50mm 
focal length quartz lens onto a 50cm long polished 600pm PCS 
fibre. Throughout the experiment the laser operated at 4Hz 
and the tissue was kept damp to prevent dehydration during 
the ablation process. In the case of ablation without the 
fibre the required spot size (500+10) pm was measured 
prior to filling the cell with saline, and once the cell 
was filled the experiment began.

The experimental fluence was corrected for transmission 
loss in the quartz window and in saline. As quartz exhibits 
good bulk transmission at 308nm the primary loss is due to 
Fresnal reflections at its interfaces. For saline at 308nm a 
value of the transmission coefficient of 0.18cm-* was used 
(8) to correct for transmission loss. No such correction was 
necessary for saline absorption with the fibre since the 
fibre output end was brought in to contact with the surface

162



of sample. The fluence in this case was calculated as the 
ratio of output energy known from separate experiment to the

-3
full core area (2.8x10 cm*). The depth of tissue ablated
was measured using an Olmypus (BHM) microscope with + 2pm 
depth resolution.

The removal rate measurement of lens tissue with the KrF 
(248nm) laser operating at 2Hz was carried out in an 
essentially similar way except that in this case a 50cm long 
PCS 1000pm fibre was used. For saline at 248nm a value of the 
transmission coefficient of 0.51cm-1 was used (8) to correct 
for transmission loss. The fluence was measured by using

- »  - 3areas of 7.85x10 cm* (1000pm spot size) and 5.67x10 cm* 
(850pm spot size) for the fibre in air and for direct beam 
delivery in saline respectively.

The last experiment made use of the ArF (193nm) laser 
without and with the fibre. In the former case an 850pm 
diameter spot size was produced at the tissue using a 50mm 
focal length lens, and in the latter the beam was transmitted 
by a 20cm long Superguide-G 600pm fibre. In both cases the 
laser operated at 1Hz.

SEM Sample preparation
The samples were prepared by technical staff of the 

biology department as follows:
The tissue was Immersed In (GF) fixative In a 0.1m phosphate 
buffer (PH 7 .2 )  for 2 hours at room temperature. This was 
then followed by immersion In phosophate buffer overnight. 
Post fixation was carried out in 1% osmium tetroxlde in a
0 .1 m phosphate buffer for 2 hours, samples were dehydrated 
following fixation to remove water using Increasing strengths
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of acetone diluted in water as follows: 30% acetone 30 mins, 
50% acetone 30 mins, 70% acetone 30 mins, 90% acetone 30 
mins, 100% acetone 60 mins, 100% acetone 60 mins, 100% 
acetone dried 30 mins. The samples were finally critical 
point dried (CPD) using an E300 CPD apparatus (Polaron Equip. 
Ltd.). Detail of the drying process can be found in ref. (8).
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Results
Ablation of lens tissue in air with the fibre delivered

XeCl laser showed a higher etch rate compared with those in 
saline. Fig. 4.8 shows that the etch rate reached about 5pm 
per pulse at 500 mJcm-2 compared with only 0.5pm per pulse in 
saline. This difference is most likely related to the fact 
that saline acts to impede the ejection of material from the
surface.

<DM
=1
CL

Ea.
CLa>
a

o
LU

Fig. 4.8 - Ablation or lens tissue witn Aeoi laser in
air with fibre (#), in saline with fibre (A) 
in saline without fibre (g) .

It can be seen from Fig. 4.8 that the significant ablation in 
air occurs at about 50 mJcm-2 where as in saline, this begins 
at a considerably higher value of 200mJcm-2. The SEM photo­
graph in Fig. 4.9(a) indicates that the lens surface is only 
weakly ablated at 135 mJcm-2 without any deep incision being

- —  « « • •  - r  i i
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produced and superficial fibrous material is evident. 
However, at higher fluences (eg. 830mJcm-2 Fig. 4.9b) a very 
smooth and clean crater was produced. Fig. 4.9c shows a part 
of tissue after being ablated in saline at 220mJcm~2 (300 
pulses). Details of the results are summarised in table 4.2.
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220 mJcm-2 
pulses

Fig. 4.9 XeCl laser ablation of lens tissue with 
fibre in air (a,b) and saline (c)



The ablation of lens tissue with the KrF laser in air 
and saline (Fig. 4.10) using the fibre, produced submicron 
etch rates which are much smaller than those attained with 
the XeCl laser (Fig. 4.8) at similar fluences.

Fig. 4.10 - lens tissue with fibre using

This is mainly because of the higher absorption coefficient 
for the KrF laser which implies lower etching rate due to 
lower transmission (eg. 4.la). Again saline apparently has 
the effect of raising the ablation threshold, although the 
effective absorption coefficient derived from the slope of 
the data remain approximately the same C3xlo‘cm-..) A strong 
smell from the tissue was noted during the laser-tissue 
interaction above 70 mjcm-i. At approximately 400mJcm-* a 
luminescent plume was formed whose ,i29 gradually became 
larger in the direction of the target normal with fluence
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reaching an estimated size of about ~ 0.5 cm in the region of 
1000mJcm-2 . a strong blue laser-induced fluorescence was also 
evident from the tissue.

Fig. 4.11 shows SEM photographs of the ablation site 
from which it is evident that ablation produces a relatively 
smooth but undulating surface in the cortex and nucleus with 
some vacuoles in the latter. In both cases the lens surface 
had some cracks which are artefacts related to the handling 
and processing steps for the SEM.

Removal rate experiments were also carried out with the 
ArF (193nm) laser in air and saline and both with and without 
the fibre. No results could be obtained for ablation in 
saline probably because of strong saline absorption at this 
wavelength and possibly insufficient number of delivered 
pulses. A threshold fluence for ablation of lens tissue in 
air (Fig.4.12) was estimated about 34mJcm~2 with an effective

4
absorption coefficient of 5x10 cm-i.

The fibre output fluence was measured by recording the 
fibre initial output energy after one pulse and the final 
output energy after a certain number of laser pulses. The 
final reading is then given by their average value. However, 
it must be noted that the fluence difference between without 
and with fibre can never be avoided since fibre multishot 
damage during the experiment is inevitable, and that the 
fibre can not be removed during the experiment for polishing 
purpose unless between two consecutive fluences.

An attempt to compensate the output energy loss by 
increasing the input energy must be avoided because the fibre 
degradation and hence transmission loss increases with
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increasing input fluence. Indeed as the experiment continued 
the red fluorescence of both ends of the fibre became 
stronger with fluence as well as with irradiation time. It is 
essentially the colour-centre damage which decreases the 
transmission capability of the fibre. Fig. 4.13 shows an 
example of broken fibre input surface after being irradiated 
with many laser pulses at different fluences (Fig. 4.13a) 
and an example of lens tissue ablated by fibre delivered ArF

10 50 100 200 500 800

Fluence (mJ cm"2)

Fig. 4.12 - Ablation of lens tissue in air with (#) 
and without (■) fibre using ArF laser.
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(b)
Fig. 4.13 “ (a) An example of input surface damage

of 600p.m superguide-G fibre by ArF laser 
at various fluences, (b) - Ablation of lens 
tissue with fibre at F 0~ 150 mJcm-2 after 
800 pulses.



4.3.2 - Photoacoustic studies: Theory
Photoacoustic refers to the generation of acoustic waves 

by modulated optical radiation. It finds important 
applications in areas such as spectroscopy, monitoring of 
deexcitation processes, and probing the thermoelastic as well 
as other physical properties of materials (eg. acoustic 
velocity, elasticity, temperature, specific heat and thermal 

diffusivity).
The generation of sound by the absorption of laser 

radiation in transparent and absorbing liquids was first 
proposed by Askaryan (9) using a lps pulse width ruby laser. 
An acoustic wave can be generated by three main mechanisms. 
First, if the absorbed laser energy during the interaction is 
smaller than the boiling threshold of the liquid no 
evaporation takes place, but there may still be a large 
acoustic wave generated in the medium by the thermoelastic 
effect. The observed generation of high-frequency acoustic 
waves shows that the thermoelastic effect is a very fast 
process (10), such that the reaction force from the surround­
ing medium against this rapid expansion may be very large due 
to inertia of the medium.

Under this large reaction force, the medium may be 
extensible and compressible. In association with this 
extension-compression action, an acoustic wave is produced. 
According to Carome et al (11) when the laser pulse is 
absorbed in the liquid the temperature of the absorbing layer 
increases within its duration and the temperature rise should 
fall off exponentially with increasing depth. The gradients 
of the resulting thermal stress would then act as a source of
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acoustic waves. The stress transient consists of a compress­
ion pulse (positive component) followed by a rarefaction 
pulse (negative component). In the range where the absorbed 
laser fluence is near the vapourization threshold then both 
thermoelastic and vapourization may be present simultaneously 

( 1 0 ) .

A second source of acoustic waves arises if the absorbed 
energy is well above the vapourization threshold; the 
associated stress transient then becomes purely compressive 
which reflects the onset of the vapourization process. The 
third mechanism for producing an acoustic wave is by the 
électrostriction effect which is important only for transpar­
ent media and for laser intensities with electric field 
strengths of about 107 Vcm_i. This high electric field may 
generate a significant stress wave in the medium by means of 
électrostriction coupling if the électrostriction coeffic­

ients are high.
Theoretical models for the thermoelastic generation of 

acoustic waves are readily available (10-15) but only Hu (13) 
and Sigrist (15) described a three-dimensional analytical 
model for spherical geometry. Their model predict a symmetric 
pressure signal with respect to the time axis, peak ampli­
tudes proportional to the laser power and inversely propor­
tional to the radius, r, of the acoustic wave.

Similarly, studies with non-biological (16-20) and bio­
logical (21-23) materials have shown that the laser can 
produce acoustic waves in the material by two distinct 
mechanisms: Thermal expansion at low laser fluence (thermo­
elastic effect), and by vapourizing surface material at high
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laser fluence (ablation effect). Further theoretical and 
experimental considerations can be obtained from references 
(24-26). For biological tissues which can be strong 
absorbers, depending on the wavelength, the main source of 
acoustic waves at relatively low fluences where vapourization 
of tissue is negligible is due to thermoelastic effect. This 
according to White (12) is caused by thermal expansion due to 
rapid heating and hence rise in temperature of the medium 
which is unable to quickly adjust itself to the new thermal 
equilibrium condition. The magnitude of force produced by the 
absorption of radiant energy of laser pulses depends on the 
absorbed energy density and the pulse duration.

The form and magnitude of acoustic waves generated as a 
result of rapid heating of tissue in the sub-threshold regime 
and by ablation can provide useful information on the tissue 
attenuation coefficients, ablation thresholds and ablation 
time scales. The magnitude of these acoustic waves is 
particularly important as they can penetrate deeper in 
tissues than the laser photons or thermal waves and possible 
tissue damage due to acoustic stress can extend to large 
distances from the irradiation site. For example shocks 
associated with intense stress wave can result in mechanical 
rupturing of tissue well beyond the range of energy 
deposion. Acoustic signatures may also hold promise for 'in 
vivo' monitoring of the ablation process allowing, for 
example, differentiation between healthy and atheroma 
arterial tissue in laser angioplasty procedures.
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Experimental arrangement
The photoacoustic response of lens tissue exposed to 

excimer laser pulses was studied in both air and saline using 
the set up shown in Fig. 4.14. The main part of this is a 
9jim thick polyvinylidene fluoride (PVDF) piezoelectric film 
(Metal Box-UK) which was cut to dimensions of 10x20mm2. Each 
side of PVDF was bonded to a pair of thin copper contacts 
using silver loaded epoxy adhesive (RS. 567-604). This was 
then bonded onto a 4mm thick perspex impedance matching stub 
using cyanoacrylate adhesive (RS. 567-159). The perspex stub 
minimized acoustic reflection at the rear film interface, 
giving a response time of x/Va ~4ns where x (=9p) is the 
thickness of transducer and V* (*2250ms-i) is the longitud­
inal acoustic velocity in PVDF.

A 50Í2 resistor was connected to the detector output to 
absorb reflected pulses from the high impedance termination 
of the 300mm coaxial cable connecting the transducer to the 
7A16A plug-in in a Tektronix 7834 oscilloscope. The whole 
device was then placed inside a metal can to provide noise 
shielding. When amplified using a high impedance oscillo­
scope plug-in (1 MÍ)), the transducer output voltage gives a 
direct measurement of the time—resolved normal force at the 
transducer according to.

(Ct+CiWt)
F ( t ) ----------- - ------------

dt
where.Ct and Cl are transducer capacitance (^2.7nF) and load 
capacitance (<<Ct) respectively, dt is the thickness-mode 
strain constant (20 pCN-i) for PVDF, and V(t) the time- 
dependent voltage. If, for a thin tissue section, the
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PVDF Film

(a)

Fia. 4.14 -  E x p e r i m e n t a l  s e t  u p  f o r  p h o t o a c o u s t i c  
y ’ ’ s t u d i e s  of l e n s  t i s s u e  w i t h  KrF l a s e r

i n  (a) a i r  a n d  (b) s a l i n e



acoustic stress wave is assumed to propagate as a plane
between the surface and transducer, the stress can be 
using

wave
found

F(t)

where A is the laser-irradiated area. When the tissue was 
placed in saline, Fig. 4.14b, a 19pn thick mylar film was
bonded to the front of transducer to prevent its contact with 
saline.

For these experiments bovine eye lenses were out from 
their equators into slices of about 500flm thick. The saline 
solution was prepared by using distilled water and salt (l 
lit: 9g) and was introduced into the cell by means of an 
inlet pipe connected to a reservoir (Fig. 4.14b). it was 
important to maintain a slow flow of saline solution through 
the cell in order to flush out dissolved or suspended 
ablation products. In the absence of flow the ablated 
products may attenuate the beam, hence decreasing the laser 
fluence at the tissue surface and possibly giving
irreproducible results.

The KrF laser output beam was passed through a 6mm 
diameter aperture to select a region of uniform fluence. A 
quartz lens of 50mm focal length was used to produce a spot 
size of approximately e00)un diameter which corresponds to an 
irradiated area of 5xlo'3cmi. This area was assumed to be 
small enough so that any variations in tissue thickness over 
the irradiation zone can be ignored. To assume that a plane 
acoustic wave propagates between the tissue surface and 
transducer, the following equation should be satisfied.
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4.4

where
range
X a c

Z < Z R = j £
4Xac

Z and Zr are the propagation distance and near field 
respectively, $ is the beam diameter (800yim) and 

the characteristic acoustic wavelength which is given by

X * 21 « 2c Atac 4.5

where 1 is the beam penetration depth, o is the acoustic 
velocity in tissue 0 6 0 0  ms-*) and A t  O O n s )  the width of 
pressure pulse (Pig. 4.15). Thus, a value of 2„ - i.lmn oan 
be found for both in air and saline which is almost twice the 
thickness of tissue (ie. ~500pn).

Results
Results for the peak stress generated in lens tissue 

irradiated in air and saline using the KrP laser are shown in 
Fig. 4.16a. For fluences between 0.05 and 0.7Jcm-J the stress 
varies approximately linearly with the logarithm of fluence 
and similar results are obtained for both air and saline 
environments. A peak stress of 9MPa was recorded when the 
tissue was ablated in air at fluence of ;2.3jcm-* and 
similarly a value of just below 6MPa was evaluated for tissue 
ablation in saline at ;ijcm-*. The higher values of stress 
signals produced in saline than in air at a given fluence is 
primarily due to acoustic waves generated by the rapid 
thermal expansion of surrounding liquid and possibly pressure 
exerted by microbubbles against the surface of the tissue.

The experimental acoustic waveforms were used to 
determine the attenuation coefficient, «  , 0f the sample by
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plotting the logarithm of the amplitude versus time (Fig. 
4.16b) for the early stages of the compressive curve in the 
subablation regime (11) (Appendix I).

From the slope of the line in Fig. 4.16b given by:
T 2-T1

tr -----------  4.6lnA2~lnAi
a characteristic time constant TR Z 11ns is found which can 
be related to using (23):

TR ' 4.7

where V. - 1600ms- 1 is the acoustic velocity in the tissue. 
For ablation in air this yields a Z (550+50)cm-i for lens 
tissue at the KrF laser wavelength, indicating that this is a 
relatively weakly absorbing material even at this wavelength. 
A similar procedure for irradiation in saline gave 
«2(370+20)cm-J.

It was observed that in the thermoelastic regime the 
stress signal was increased with the laser irradiance and 
hence fluence. However, with the inception of ablation the 
signal increased more rapidly which probably is due to recoil 
momentum transferred to the surface by the ablation products. 
The transition from thermoelastic region to ablative was 
accompanied by a change in the shape of the acoustic signal 
(Fig. 4.15) ie, the signal became purely compressive once the 
fluence exceeded 700mJcm-2.
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100 ns
Fig. 4.15 “ KrF laser generated thermoelastic and

ablative stress waveforms for lens tissue 
in air (a,b) and saline (c,d).
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Signal Amplitude (pV)

Fig. 4.16 - (a) stress amplitude Vs fluence for lens 
tissue, (b) logarithmm of the amplitude 
of rising portion of stress waveform 
Vs time in air using 248nm laser.



A(nm)

Air Saline

FthOnJcm ae(cm_1)C10‘‘) F^OnJcm 2) ae(an-1)(10,‘)

308 Reinoval
rate 32 2

WO 100 1F 5
hp 3

Wi 100 3

248

Removal
rate 100 2.8 220 3.4

V (ns“1)d tr(ns) a (cm-1) Va(ms“1) Tĵ(ns) a(cnf

»
1600 11 545 1600 17 367

193 Renoval
rate

Wi 23 5.5

WO 3*» 5

Table 4.2 _. Experimental results of lens tissue ablation with excimer lasers



4.3.3 - Fluorescence spectroscopy
The experimental arrangement used to study the fluore­

scence emission from tissue below and above the ablation 
threshold in a darkened room is shown in Fig. 4.17. Bovine 
lens tissue was irradiated by either the 248nm or 193nm laser 
operating at 4Hz with and without the fibre in air. The 
emission was imaged onto a UV-visible monochromator (Bentham, 
U.K) with a slit width set at 300jim using a 50mm focal length 
fused silica lens which was oriented at approximately at 45o 
to the tissue surface. The monochromator was equipped with a 
1200 lines/mm holographic diffraction grating and an EMI 
9813QB photomultiplier detector (operating voltage 1.8KV) 
with a bi-alkali photo-cathode (EMI, U.K). The detector was 
powered by a Brandenburg (model 475R) power supply. The photo 
multiplier current pulse was passed through an integrating 
amplifier in order to achieve time integrated spectra. The 
output voltage was displayed on a CR 600 chart recorder (JJ 
instrument) and the monochromator scanned using a stepper 
motor drive (Bentham - SMD 3D) from 190 - 150nm for the KrF 
laser and from 170-400nm for the ArF laser. The circumference 
of lens tissue and slit was covered by black cardboard so 
that radiation scattered and reflected from the optics were 
not imaged onto monochromator.
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Results
Figs. 4.18(a,b) show the fluorescence spectra obtained 

from the lens tissue using the 248nm laser at low (125mJcm-2) 
and high (1850mJcm-2) fluence with peaks of 280-285nm. There 
is also, a very broad continuum band between 320-480nm.

The fluorescence spectra of lens tissue using the 193nm 
laser (Fig. 4.19) was quite different to the results obtained 
with the 248nm KrF laser. When the tissue was irradiated at 
10 and 3 1 0mJem- 2 two distinct peaks were observed at 216 + 
2nm and 250 + 2nm respectively. In a separate experiment (not 
shown) the 193nm laser was used without the fibre to 
irradiate commercially available serium albumin which mainly 
contains proteins. The solution was prepared by using O.lmg 
of serium albumin crystals mixed with lOOmg diluted Nacl 
(1:10) according to instruction provided by the manufacturer. 
A cell with UV-grade quartz window was then filled with the 
solution and irradiated with the ArF laser at 300mJcm~2 and 
1Hz. Two peaks in the spectrum appeared at 258nm and 310nm 
respectively.
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Fig. 4.18 - Fluorescence spectra of lens tissue using 
248nm laser at (a) 125 and (b) 1860mJcm-2 
respectively. Li and L 2 are the Laser first 
and second order lines.
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ArF
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4.19 -  F l u o r e s c e n c e  s p e c t r a  of l e n s  t i s s u e  u s i n g  
193nm l a s e r  (a) b e l o w  a n d  ( b )  a b o v e  
a b l a t i o n  t h r e s h o l d  r e s p e c t i v e l y .



Discussion
In the past few years a number of reports have dealt in 

detail with pulsed excimer laser ablation of polymers and 
biological tissue (1-6 and 89-95 in chapter 2). The purpose 
of this chapter was to study and demonstrate the capability 
of UV optical fibres for delivering excimer lasers for such 
applications. A summary of the results for polymers and lens 
tissue are given in tables 4.1 and 4.2 respectively and there 
are number of points worthy of note.
For example, using equations 4.1A and 4.IB to study the 
variation of the ablation rate at low and high fluences, 
values of the effective absorption coefficient can be 
obtained as given in table 4.1. Dyer and Srinivasan(22) have 
shown that the ablation of polymers actually starts within 
several nanoseconds of the start of the laser pulse which 
means the rest of pulse energy can enhance the heating 
effect. In fact, Dyer et al (27) used a small thermocouple 
to measure the temperature rise of PET and polyimide at 
193nm, 248nm, and 308nm, and Gorodetsky (28) used a pyro­
electric crystal for the same purpose. Both groups concluded 
that below or near the threshold fluence almost all the laser 
energy is converted to thermal energy and that at higher 
fluences the temperature increase was small. Most of the 
excess energy (F-Fth)* was believed to be carried away as 
kinetic energy of the ablation products. In 1982, Srinivasan 
et al (1) used the term photodecomposition to describe the 
ablation of polymers by high power UV radiation where the 
photochemical process directly leads to the photodissociation 
of the polymer molecules in to all sizes of fragments.
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Ablation is the result of repulsion between fragments which 
carries the energy remaining after bond breaking.

When a polymer molecule is replaced by a number of such 
fragments of much lower molecular weight, the products may 
occupy a much larger specific volume under the same pressure- 
temperature conditions. In 1983 Andrew et al(96 - Chapter 2) 
and Brannon et al (29) suggested that the ablation process 
can be considered as a result of ultrafast thermal events. In 
this case, the initial electronic excitation caused by 
absorption of the ultraviolet radiation is converted to 
ground state vibrational energy by rapid relaxation, and 
thermal decomposition of the polymer occurs.

Excimer laser-tissue interaction can also be studied in 
a similar manner except that in the UV region, the principal 
coupling of the laser wavelength is to chromophores in the 
structural proteins. Basically proteins form a major constit­
uent of most cells and tissues. Each protein is composed of 
amino acids linked by 'peptide bonds' which are also called 
amide bonds. A chain of many amino acids linked by such bonds 
forms a polypeptide chain and an individual amino acid in 
such a peptide chain is called a 'residue'. The occurence of 
differing electrical charges on a protein molecule are 
brought about by ionization phenomena which are in fact 
properties of the amino acid residues of the proteins 

concerned.
In simple terms, the ability of a target to absorb 

radiation energy is expressed by Beer's law. I^Ie-'fa where 
7= a +13 , is the attenuation coefficient, and a and|3are the 
absorption and scattering coefficients respectively. The
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av 1/2
latter is given by 13 = (“-- ) where V and D are the speed of

D
light in the tissue and diffusion coefficient for photons in 
the tissue respectively. The etch rate of material is given 
by equation (4.1A) where at low fluences the etch rate varies 
with logarithm of fluence according to Beer's law and the 
plume retains the same absorption coefficient as the conden­
sed phase so thatO£=aP, where a P is the plume absorption 
coefficient. However, for the limiting case of a transparent 
plume (CXp -*■ o), equation 4.IB shows that etch depth per pulse 
is linearly dependent on fluence. The transition to a trans­
parent plume is probably due to strong heating of the 
ablation products produced in the early stages of the laser 
pulse at high fluence and their degradation to low mass, 
relatively transparent, species.

In order to study the feasibility of using excimer 
lasers to ablate lens tissue in air and saline with and 
without using fibre, a number of experiments were carried out 
using 308nm, 248nm and 193nm lasers. Some experiments regard­
ing the lens tissue ablation with 308nm have been reported 
(30-35) but none at 248nm and 193nm using optical fibre 
delivery. Despite the fibre delivery capability of 308nm 
radiation with good operating fibre lifetime compared with 
other wavelengths, it is a very hazardous radiation since it 
deeply penetrates tissue, lies within the very narrow UV-B 
wavelength band and has a relatively high degree of 
scattering inside the eye.

It was shown in the present experiments that 248nm 
radiation can also be transmitted through a fibre in air and 
saline to ablate the lens tissue provided the input fluence
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is <2Jcm-2 to avoid fibre damage. However, its clinical use­
fulness seems very doubtful due to mutagenic effects.

193nm radiation provides energetic photons and is 
strongly absorbed by protein and, with its low absorption 
depth, it can produce very smooth photoablation. However, it 
is also strongly absorbed by physiological saline which is 
clearly a disadvantage in terms of 'in vivo' delivery. The 
use of the ArF laser is further limited by the lack of 
suitable optical delivery system for tissue ablation. In 
the present experiment it was shown that at an output fluence 
0f (50-6 0)mJcm- 2 700 pulses were transmitted to produce a 
crater of 14pm which corresponds to 0.02pm/pulse (Fig. 4.12).

As far as the cytotoxicity of this radiation is 
concerned recent results indicate that 193nm radiation is not 
mutagenic in a mammalian cell mutagenesis assay (36). At 
least two reasons could explain the lower cytotoxicity of 
this radiation. First, the number of 193nm photons reaching 
the nuclear DNA may not be sufficient to cause cytotoxicity 
because the radiation is absorbed by proteins of the cell 
membranes and cytoplasm. Therefore, the protein shields the 
nucleus from the damaging effects of 193nm radiation. 
Secondly, the photons of this wavelength reaching the nuclear 
DNA induce DNA photo products that are either not cytotoxic 
or are rapidly repaired by the cells (37).

Another aspect of the present work was a determination 
of the effective absorption coefficient of lens tissue from 
etch rate and acoustic measurement. When the tissue was 
immersed in saline (Figs. 4.8, 4.10), fluence thresholds were 
moved to a higher value and it required more pulses to ablate
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the m a te ria l than in  a i r .  T h is  i s  l ik e ly  due to the impedance 

to  expansion presented by the l iq u id  environment. The SEM 

photograph in  F ig .  4 .9a shows the heating e ffe c t  of 308nm 

la s e r  a t  low fluence on the lens f ib r e s .  As the fluence  

in creased  the q u a lit y  of etching improved (F ig . 6 ).

At 248nm there were vacuoles and n o n -u n ifo rm itie s  in  the 

c r a te r  w all whereas a smooth, w ell defined c r a te r  was 

produced by f ib r e -d e liv e r e d  ArF la s e r .

Photoacoustic techniques can be u se fu l in  p ro vid ing some 

in fo rm atio n  regarding the m aterial atte n u atio n  c o e f f ic ie n t s ,  

a b la t io n  th re sh o ld s and a b la tio n  time s c a le s . The technique  

has a lre a d y  e x te n siv e ly  been used in  in d u stry  ( 3 8 , 3 9 ) ,  sp ect­

roscopy (40, 4 1) and biom edicine ( 2 1 ,  23, 25, 4 2 -4 6 ). m  

g e n e ra l, below a th resh o ld  fluence th erm o elastic  s tre s s  

occurs due to the absorption of la s e r  energy and heating in  

the absence of any change in  sta te  of the ir r a d ia t e d  medium. 

Thus, thermal expansion due to ra p id  heating and consequent 

r i s e  in  temperature r e s u lt s  in  the generation of an a co u stic  

waveform. For a free surface the f in a l  waveform c o n s is ts  of a 

com pression followed by ra re fa c tio n  propagating a t the sound 

speed ( F ig . 4 .1 5 a ) .

The absence of a b ip o la r  s ig n a l below thresho ld  in  

s a l in e  ( F ig . 4 .1 5 c )  i s  due to impedance matching a t the  

boundary and a s ig n if ic a n t  lengthening of the a b la t iv e  s tre s s  

a t  high flu e n ce . The experim ental a co u stic  waveforms were 

used to determine the a tte n u atio n  c o e f f ic ie n t  of the sample 

by p lo t t in g  the logarithm  of the am plitude versus time fo r  

the e a r ly  stages of the compressive curve (F ig . 4 .16 b ) . For a 

f l a t ,  p a r a lle l  and homogenous t is s u e  sample the maximum
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attenuation coefficient that can be measured by the acoustic 
technique Is set by the response time of the detection 
system.

Fluorescence emission of lens tissue irradiated by the 
KrF laser (Figs. 4.18a,b) shows a peak arising at about 280- 
285nm at 125 and 1860mJcm-2. At 1860mJcm-2, however, the 
amplitude of the peak increased and a broad spectrum appeared 
covering a range between 300-480nm(b). This change could 
be due to plasma formation which gives rise to luminous 
ablation products. The fluorescence emission of lens with the 
ArF laser at well below and above ablation threshold (Figs. 
4.19a,b) exhibited two distinct peak at 215-218nm and 240- 
250nm with higher amplitude.

The absorption of protein in the wavelength range of 
240-3lOnm is determined by the amino acid residues 
particularly tryptophan and tyrosine both of which show 
absorption in the 280nm region. At 248nm, possible chromo- 
phores are nucleic acid which in the cornea absorb well 
between 230-290nm due to the 260nm absorption peak of the 
purines and pyrimidines (47). At 190nm DNA is the main 
absorber and ArF laser radiation produces single-strand 
breaks in aqueous solution of isolated DNA at 50mJcm-2 (48- 

50). The peak at 240-250nm in these experiments mentioned 
above was also observed by Tuft et al (51) and was thought to 
be due to small level of occasional fluctuation and noise in 
the detection system.

It is not wished to suggest that all uv laser 
wavelengths are undesirable for -in vivo' and 'in vitro' 
experiments and ophthalmic surgery. However, the choice of

185



wavelength should be made with due regard to the absorption 
by target tissue and the potential for injury to adjacent 
tissues by radiation. Table 4.3 summarizes some of the 
comments on fibre delivery of excimer laser wavelengths for 
ablation of a target material.
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Table 4.3 - Some comments on the fibre delivery of excimer 
lasers for ablation.

Wavelength (nm) comment

- very good transmission through 
Superguide PCS fibres

308

- very long laser - fibre exposure 
time above an input fluence
of 3Jcm-2

- high etch rates
- good transmission in saline
- high scattering therefore 

hazardous
- phaecoemulsification possible if 

scattering confined

- moderate transmission through 
Superguide 'G' fibre up to 55% 
at Fi„(1.5-2)Jem-2

248

- relatively long fibre delivery 
period (>400 pulses) at Fin 
(1.5-2) Jcm~2, F0<.lJcm~2

- Smaller etch rate than 308nm 
wavelength

- lower transmission in saline
- possible mutagenic effects

- moderate transmission through 
Superguide 'G' fibre up to 30% 
at F i •5Jcm~2

- very short fibre delivery period
- practical output fluences (0.1- 

0.2)Jcm~2 (2100 pulses)

193 - very small (submicron) etch rates
- strong absorption in saline
- lack of sufficient evidence for 

its mutagenicity
- we11-controlled phaecoemulsi- 

fication if delivered more 
suitably at higher pulse rates



Appendix I
Below the ablation threshold the acoustic transients can 

be modeled using thermoelastic theory in which the stress 
generated by rapid heating and thermal expansion of the 
sample surface is related to the thermomechanical and optical 
properties of the sample. In this experiment the acoustic 
impedances of the liquid (saline) and tissue are closely 
similar. The acoustic reflection coefficient at the boundary 
is then R~0 in saline and R=1 in air. A solution for the 
thermoelastic stress wave can be found using an extension of 
the Carome et al (11) or Bushnell and McCloskey's (16) 
formulation. For a laser Irradiance I,

I = Io (1- e"Kt) e"mT (1 )

where k and m are the rates of rise and fall of the laser 
pulse respectively and I0 is given by,

T m(m+K)F
Xo = — K—  <*>

where F is the fluence, the stress becomes,
1 - T Keat'
2 a o (m+a)(K+m+a) t' $ o

1 _ T 
ff:2 r a I o

Here t' = t - 1/V4, with (1/Va) being the acoustic transit 
time from the sample to the transducer plane (Fig. l), a is 
the laser attenuation coefficient in the sample, and a=av4,

(3)
-mt' e___
(m+a)

-(K+m)e_____
(K+m+a) > o
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Fig. 1 Stress waveform for exponential absorption 
after laser pulse incident on the sample in air from L-R.

r
(4)

where V. Is the acoustic velocity in tissue. The term, T, is 
the Griineisen constant of the absorbing medium, where 0 is 
the thermal volume expansion coefficient, and Cp the specific 
heat capacity. In deriving the expressions for g , thermal 
conduction within the absorbing sample or between the sample 
and liquid layer can be neglected on the scales involved 
because of the low thermal dlffusivity. it is also assumed 
that absorbed energy i, instantaneously transformed to heat.

It can be seen from Eq.(3) that in the early stages of 
the stress wave (f<0). the leading edge is exponential, 
reflecting the assumed exponential fall-off of laser
irradiance in the sample, with a characteristic rise time
given by (aV.l -Thus the acoustic transient can provide
information on the attenuation coefficient for radiation in 
the sample.
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Chapter 5
Construction of pulsed HF laser
5.1 - Introduction

Chemical lasers are those in which a chemical reaction 
excites an atom or molecule to the upper laser level. The 
first experimental chemical laser emission was observed in 
1965 by Kasper et al (1), in a photolytically initiated 
hydrogen-chlorine explosion. Chemical reactants can store 
energy quite efficiently and release it rapidly in a suitable 
chamber; thus one of their prime attractions is their 
potential to generate high powers. Most chemical lasers 
operate on infrared vibrational transitions of diatomic 
molecules, mainly hydrogen halides. There are number of 
chemical lasers such as hydrogen fluoride (HF), deuterium 
fluoride (DF) and iodine. The HF laser emits between 2.5-3^ 
in the infrared, but by substitution of hydrogen by deuterium 
emission shifts to a range between 3 - 4.7jim where the atmos­
phere is more transparent. The iodine laser emits in the 
region of 1.3jim based on an electronic transition which can 
be pumped by excited molecular oxygen produced by a chemical 
reaction.

A great deal of experimental and theoretical research on 
pulsed HF/DF chemical lasers has been carried out, since the 
first observation of HF laser action produced in electrical 
discharges by Deutsch (2). Applications of such lasers are 
varied and include military, spectroscopy, chemistry, tele­
communication and medical, it is the medical application that 
this work will concentrate on since there is a considerable 
interest in studying the ablation of tissue using lasers in
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the 2.5-3pim region where water shows a peak in its infrared 
absorption spectrum. Cutting quality comparable to that with 
the deep UV ArF excimer laser might be achieved in this way, 
with the added advantages of being able to use fibre delivery 
and avoiding possible mutagenic threat (3).
This chapter deals with the construction of a pulsed HF laser 
and the subsequent chapters will address fibre delivery of 
this laser and its application in tissue ablation related to 
opthalmology.
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5.2 - Physical principles of chemical lasers
The operation and hence output of gas lasers are based 

on various types of molecular and atomic energy level trans­
itions. The most important high-power infrared lasers are 
those using vibrational-rotational transitions in molecules. 
This class includes the important chemical lasers such as HF, 
DF, CO2 and CO which can be pumped either electrically or 
photolytically.

A classical 'billiard ball' model can be used to 
understand how a chemical reaction can lead to population 
inversion and hence laser action. Fig. 5.1 shows the reaction 
between a fluorine atom and a hydrogen molecule. The fluorine 
atom approaches the hydrogen molecule, and sometimes during 
the collision the electronic orbits change in such a way that

Fig. 5.1 - Schematic of a reactive collision

the chemical bend Is shifted. After the collision, the 
fluorine Is bonded to one of the hydrogen atoms, and the 
other hydrogen atom departs. It Is known from the chemical 

bond energies that this leads to a release of vibrational 
energy. This Is because the electron jump occurs when the 
hydrogen and fluorine atoms are further apart than they would

Before I During A f te r
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be in equilibrium in the HF molecule. Thus, the HF molecule 
is formed with a 'stretched' molecular bond containing 
potential energy. When the HF and H separate, this stretch is 
converted into vibration in the newly formed bond.

Each vibrational level has a large number of rotational 
sublevels and when the molecule decays radiatively from one 
vibrational level to another, (Fig. 5.2) a broad range of 
wavelengths is emitted.
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Fig. 5.2 - Vibrational energy levels of HF/LF molecules 
Various methods are available for initiating the chem­

ical reactions including flashphotolysis (4-7), electrical 
discharge (2, 8-11), electrical beam (12-16) and nuclear 
pumped (17-22). Of these the pulsed self-sustained discharge 
technique ie. electrical discharge is probably the simplest 
and most commonly used and was chosen here as a convenient 
means of providing submicrosecond laser pulses at useful 
output energy levels. In the discharge scheme dissociation 
due to electron collisions produces the required reactive 
species (F) from a fluorine donor subsequently reacts with a 
hydrogen donor to produce HF. Various fluorine/hydrogen donor 
combinations can be employed, the most common reactions being
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as set out in 1-4 below.

1 . F 2 + e- F + F + e-
F + H2 H + HF(V) + 32 K cal mol-i
H + F2 F + HF(V) + 98 K cal mol-i

2 . SF6 + e- SF5 + F + e-
F + H 2 H + HF(V) + 32 K cal mol-i

3. SF6 + e- SF5 + F + e~
F + C2H6 C2H5 + HF(V) + 381 K cal mol~i

4. SF6 + e- SFs + F + e~
F + C3H8 C3H 7+ HF(V) + :38 K cal mol-i

where V designates vibrationally excited HF.
Of these (1) is based on H 2-F2 mixtures are explosive 

but yield highly energetic species via the 'hot' reaction 
F 2 + H HF + F. The others utilizing F atom reactions are 
less energetic but more convenient in terms of safe handling 
in the laboratory. Here use was made of CaHa or H 2-SF 
mixtures excited in a transversely excited, medium pressure, 
discharge. Discharges involving SF6 tend to be highly 
unstable to arc formation because of the high electron 
attachment rate of SFb. It is thus necessary to use special 
techniques such as resistive pin (8, 9, 23-25) or fast ultra­
violet (UV) preionized (26-31), discharges to produce the 
required volume excitation. Here use was made of a UV pre­
ionized discharge.
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5 . 3  - Laser construction
5.3.1 - Electrodes

The construction of laser began by choosing an
appropriate pair of uniform field electrodes among different 
types. The well known Rogowski profile is actually made up of 
three unsmoothly joined segments taken from an infinitely 
wide analytic profile. The Bruce profile, on the other hand, 
is a purely empirical approximation, and the Harrison profile 
is a numerical compromise between Rogowski and Bruce profiles. 
According to Chang (32) it is very difficult to improve any 
of these profiles from its state of approximation.

For this reason, a pair of aluminium Chang profile 
electrodes were chosen because of their capability of 
producing a uniform, smooth discharge area at high pumping 
energy. This uniformity is due to their equi-potential 
surface which takes a form of a smooth curve without any flat 
region. Other types of electrodes have a flat region at the

centre which causes a strong discharge at the flat-curve

boundary and a weaker discharge at the centre, ie. the

discharge is confined to that portion of the electrodes

closer to pre-ionlsatlon (FI) source. Consequently, the 
overall discharge at high pumping energy becomes non- 
uniform. Fig. 5.3 shows the schematic diagrams of Rogowski 
and Chang electrodes with their gain profiles.

The length of electrodes was 82cm, and at their design 
spacing of 2.1cm produced a nominal discharge width of 1.5cm, 
giving a total discharge volume of 258cm3.

In order to assist uniform avalanche discharge formation 
the electrode surfaces were polished thoroughly and kept
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free of possible contamination. The presence of dust or other 
particles can cause field emission due to localized enhance­
ment of electric field by the surface imperfections and 
non-uniformities. Also positive ions can come temporarily to 
rest on an insulating oxide layer on the cathode surface and 
hence create locally a great enhancement of the applied 
electric field (33).

Fig. 5.3 - Schematic diagram of (a) Rogowski and 
(b) Chang electrodes and mid-plane 
gain profile.
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5.3.2 - Preionization (PI)
The electrical breakdown in gases is usually character­

ized by the generalized parameters E/P and Pd where p is the 
pressure and d the electrode spacing. In transverse discharge 
geometries where d is small compared to the extension of the 
electrodes perpendicular to the field direction, increasing 
values of the parameters E/P and Pd may lead to the formation 
of an inhomogeneous discharge mode. The discharge can then 
transform into spark channels.

A common problem associated with chemical HF lasers is 
the electronegativity of sulphur hexafluoride (SF6) which 
through attachment makes the attainment of a uniform electron 
'background' density difficult. As a result inhomogeneities 
and instabilities in the plasma develop leading to the form­
ation of filmamentary streamers and arcs. The latter are 
deterimental both to laser operation and electrode life. Arc 
formation can be reduced by keeping the duration of the 
discharge short by the use of low inductance, low capacitance 
pulsers and careful circuit design. The limitation on current 
pulse duration, however, limits the energy that can be 
deposited in the gas unless high charging voltages are 
employed.

These inhomogeneities are largely caused by boundary 
effects and statistical fluctuations in the starting cond­
itions ie. background electron density. Techniques to 
overcome such difficulties have included resistively 
ballasted pin discharges (8, 9, 23-25), UV-preionization 
(26-31), semiconductor preionizers (34-37), and X-ray pre­
ionizers (11, 38, 39).
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In this experiment UV-preionization was used which 
generally has two forms: (a) volumetric pre-ionization and 
(b) photoemission of electrons from the cathode, in the 
former case, the geometric positioning of the PI source with 
respect to the discharge volume is important, and it can be 
located so as to illuminate the discharge either transverse 
or longitudinal to the electric field. In the transverse 
geometry the main gradient of the photoionization electron 
density is perpendicular to the main field direction. The 
electron density shows a 1/r2 dependency, where r is the 
distance between the PI source and point at which the density 
is measured (40). This implies a higher preionization 
electron density at the edge of the electrodes nearest to PI 
source, which effectively would result in preferential 
development to the discharge in such areas. One solution 
suggested by Tallman (41) is the use of an identical PI 
source in the mirror image position of the first PI source.

One main advantage of the longitudinal geometry is that 
during the avalanche phase, space-charge effects enhance the 
electric field and ionization rate in the low density 
regions. This leads to a decrease of field in the dense 
region and as a result a more homogeneous and smoother 
electron density profile can be achieved, in addition to 
electronegativity and possible inhomogeneity of discharge 
there are other problems associated with the HF lasers 
namely: gas contamination, spark erosion and optics 
degradation, all of which can decrease the life time of a 

sealed-off system.
In the present design transverse preionization was
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employed based on a total of 48 peaking capacitors (Murata- 
272Z/40kV) each of 2.7nF. The capacitors were arranged in two 
rows on either side of the electrodes (Fig. 5.4) and each 
disconnected series-pair defined 12 sparks uniformly 
distributed down each side (Fig. 5.6).

Mg. 5.4 - AssemMy of laser electrodes and UV pre-

Khen ■connected’ by the sparks each pair of capacitors 
produced an effective capacitance load of ~1.35nF giving a 
total 1.35x24 - 32.4nF in parallel with the gap. Each spark 
was formed by steel -tag' electrodes screwed onto the 
capacitor terminals, and the gaps were located ;20mm from the 
centre of the discharge electrodes. The array was suffic­
iently large (;90cm compared with 82cm electrode length) to 
ensure quasi uniform UV illumination along the electrodes, 
thus minimizing end effects associated with field enhancement 

at the roll-off point of the flat portion.
An advantage of using the preionization scheme in 

Fig. 5.6 is that it  provides automatic synchronization of the 
sparks with the main discharge. The small gap and strongly 
non-uniform field associated with each preionizers ensures
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employed based on a total of 48 peaking capacitors (Murata- 
272Z/40kV) each of 2.7nF. The capacitors were arranged in two 
rows on either side of the electrodes (Fig. 5.4) and each 
disconnected series-pair defined 12 sparks uniformly 
distributed down each side (Fig. 5.6).

Fig. 5.4 - Assembly of laser electrodes and UV pre­
ionizers

When 'connected' by the sparks each pair of capacitors 
produced an effective capacitance load of ~1.35nF giving a 
total 1.35x24 = 32.4nF in parallel with the gap. Each spark 
was formed by steel 'tag' electrodes screwed onto the 
capacitor terminals, and the gaps were located 220mm from the 
centre of the discharge electrodes. The array was suffic­
iently large (290cm compared with 82cm electrode length) to 
ensure quasi uniform UV illumination along the electrodes, 
thus minimizing end effects associated with field enhancement 
at the roll-off point of the flat portion.

An advantage of using the preionization scheme in 
Fig. 5.6 is that it provides automatic synchronization of the 
sparks with the main discharge. The small gap and strongly 
non-uniform field associated with each preionizers ensures
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that it breakdowns before the applied voltage is sufficient 
to breakdown the main, uniform field, gap. This introduces a 
time delay between the appearance of a background electron 
density produced by the sparks firing and the onset of the 
main discharge. This is advantageous since no additional 
external circuitary is necessary to power the preionizers and 
to time the firing of the sparks and main discharge. The 
closely coupled 'peaking' capacitors formed by the pre­
ionizers also help produce a fast rising discharge current 
pulse.

The final assembled form of electrodes and the peaking 
capacitors is shown in Fig. 5.5 where they are placed inside 
a steel chamber. In the circuit in Fig. 5.6 the main 
discharge is initiated automatically after a fixed time 
delay, ta, with respect to preionizer initiation. This is 
advantageous as no external circuit is needed to separately 
time the preionizers and main discharge. A spark gap was 
triggered using a pulse transformer to switch the discharge 
network shown in Fig. 5.7.
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34  ci
106 cm

Fig. 5.5 - Schematic diagram of the chamber (a) inside 
which the laser head is positioned (b).



5.3.3 - Main discharge circuit
The pulser circuit used for excitation is shown in Fig. 

5.6. The value of the main discharge capacitor, c. was 
estimated assuming a required output energy of 1J, and laser 
efficiency of 2%, giving an input energy of E,=50J. This 
corresponds to an energy density of 0.194Jcm-* (1 9 4J lit-i) 
which is given by the ratio of stored energy to discharge 
volume. Using

E8 = 1/2 c, v2 5>1
and a discharge voltage of 50kV, a value of 40nF was 
obtained. This was provided by connecting two 20nF rapid 
discharge capacitors (Hivotronic LTD - UK) in parallel.

A high voltage dc power supply (50kV-5mA) was used to 
charge the main capacitor which was then discharged to the 
laser electrode gap by triggering a home-built spark gap. The 
triggering circuit for spark gap is shown in Fig. 5 .7 . Ag 
far as the main discharge circuit is concerned a 20MO 
charging resistor, R0, and a 1340 pulsed resistor, R 
(RS:156:923) were incorporated in the circuit where the 
latter allowed charging of the capacitor and provided damping 
in the discharge phase. In the trigger circuit Fig. 5 . 7  a 
500pF capacitor was used in series as a safety precaution and 
also a lOkO resistor was connected to the spark gap in order 
to reduce the electrical noise.

The main electrical discharge circuit was mounted on a 
(58x36)cm steel plate and was then connected to the laser 
electrodes via two electrical leads running through the 
chamber wall (Fig 5.8). The circuit was then completely and
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Fig 5.6 - Laser Main electrical discharge circuit.



300 V-DC 
trigger unit

Fig. 5.7 - Block diagram of laser triggering circuit.



tightly covered by (58x30x28)cm tin plate box to reduce 
radiative noise (Fig. 5.9).

When the spark gap closes, the voltage across the elect­
rode rise to a value of Vi in time ti ie, Vi = V(ti), which 
is small compared with the voltage breakdown of the laser 
electrode, VB = V(tB), where tB is the time taken for the 
voltage pulse to reach the breakdown voltage (VB) of the 
laser electrodes. During this period (ti<tB) the UV radiation 
emitted by the preionizer gaps has a high intensity which 
preionizes the laser medium and hence provides the laser 
gases with a suitable background electron density. The main 
laser gap becomes conductive when the ti>tB and the electron 
multiplication process dominates production from the UV 
source.
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Fig. 5.8 - The photograph of completed excitation
circuit.
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Fig. 5.9 - Photograph of the completed laser.
All the experiments were performed with low inductance 

home made spark gap switch pressurized with N 2 gas. Fig. 5.10 
shows the optimization of the spark gap breakdown at 
different applied voltages.

Fig. 5.10 - Variation of spark gap pressure with 
applied vo1tage.
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5.3.4 - Resonator
For these experiments a stable resonator was used to 

form the optical cavity consisting of a spherical (concave) 
Au coated mirror with R1 = 10m and a 7.5cm diameter NaCl flat 
output coupler of 2.5cm thickness separated by lm. The Au 
coated mirror was later changed to a brass mirror (R=10m) 
whose surface was covered by a thin salt window to protect it 
from gas corrosion. The end plates and mirror cells were 
sealed to the laser chamber using viton O-rings (Edwards - 
U.K) to provide compatibility with HF.

5.3.5 - Gas-handling system
This is an important part of a laser construction and 

should not be underestimated particularly when using hazard­
ous gases such as CaHa. Nylon pipe was used for the gas lines 
and copper pipes for the pump lines. To ensure high vacuum 
integrity Viton O-rings (Edwards) were used throughout the 
system and were coated with fluorinated vacuum grease. The 
gas pressure was monitored using an Edwards 0-100 torr guage 
and prior to gas filling the chamber was pumped for at least 
1 hour.

At the end of experiments the sealed gas mixture was 
pumped out to help reduce damage to the optics due to HF 
corrosion. As the exhaust gas contained HF it was passed 
through a solid-pellet NaOH trap to convert HF to NaF and H20.
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5.4 Laaer characterization
5.4.1 - Optimization of gas mixture

The variation of laser output energy at 0.2Hz with the 
charging voltage and the partial SF* pressure was measured 
using a pyroelectric joulemeter. Fig. 5.11 shows that the 
energy increases with increasing charging voltage and that 
maximum energy (2 500mJ) was obtained at Vc ~ 45kV and 55 
torr of SF6 using a fixed amount (~ 3torr) of propane (C3H8). 
The same procedure was repeated to obtain the optimum value 
of C3H8 partial pressure at constant (55 torr) SF6 partial 
pressure. Fig. 5.12 shows that at Vc = 45kV an optimum value 
of 4 torr of C3H8 is obtained. On this basis, by varying the 
pressure for a fixed ratio of SF6:C3H8 ~ 14:1, the optimum 
pressure was found to be ~ 60 torr at 45kV and ~ 40 torr at 
30kV (Fig. 5.13). The maximum output energy at 45kV was 
2 500mJ

The laser pulse duration for the optimum SF* + C3H8 gas 
mixture was recorded by scattering the incident beam by steel 
wool and detecting a portion of this beam by an InAs photo­
voltaic detector (EG-G Judson, J12 series). The photodetector 
output was amplified using a 7A19 plug-in and displayed using 
a 7834 Tektronix storage oscilloscope. The pulse shape is 
shown in Fig. 5.21 from which a width of ~ 400ns (FWHM) was 
obtained for the multiline HF emission (SF6: C3Ha ~ 14:1, 60 
torr.
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- Variation of the laser output energy with the 
charging voltage and partial SF6 pressure, 
(C3H 8 * 3 torr).

Fig 5.11



Fig. 5.12 - Variation of the laser output energy with the 
charging voltage and partial C 3H8 pressure, 
(SFfc = 55 torr).



SFg+CjHj Total Pressure (torr)
Fig. 5.13 - Variation of HF laser energy with 

(SF6+C3HB) total pressure.

The occurence of different optima for energy is related to 
the fact that maximum energy is obtained when the HF 
production is maximized during the excitation pulse (42).
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The effect of He gas on the output energy of the laser was 
studied by adding a fixed amount of He (>5torr) to the opti­
mum CSF6+C3H 8) gas mixture at different charging voltages. As 
seen in Fig. 5.14, He addition led to a reduction in output 
energy over the entire range of values investigated. Similar 
results were obtained by Jacobson et al (8) at pressures from 
30-60 torr; however, they found He addition was necessary at 
pressures above 100 torr in order to obtain laser oscillation.

The effect of replacing C3H8 by H2 as a H-donor is shown 
in Fig. 5.15. To investigate the origin of the decrease in 
output energy with (SF6+H2) compared with (SF6+C3H8) Puech et 
al (43) changed the initial electron density by more than an 
order of magnitude. Whichever the H atom donor was, the
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Fici. 5.15 - Variation of laser output energy with
(a) Ü 2 (SF&2 65 torr) and (b) SF*
(H2~ 3 torr) partial pressures.



laser performance proved insensitive to the value of the 
initial electron density. Therefore, they concluded it is not 
due to ineffective preionization but lies in a dramatic 
shortening of the laser pulse which suddenly ends when the 
discharge voltage drops to zero. In propane based mixtures, 
the final collapse of the discharge voltage occurs at later 
times for which the laser action is already completed (43). 
Therefore, the HF laser operates more efficiently with an 
(SF6+C3H 8) gas mixture.

The final experiment was to monitor the gas lifetime of 
the static mixture under repetitively pulsed conditions. This 
was carried out by recording the pulse energy using a Gen-Tec 
joulemeter and chart recorder (JJ-instrument). Fig. 5.16 
shows the variation of laser output energy with operating 
time for charging voltage of 45 and 40kV. The rate of decay 
per min using 45kV is much faster (steeper slope) than using 
40kV, which means the gas consumption is lower at lower 
charging voltage.

The effect of injecting a small fraction of the fuel 
gases during the experiment was also investigated. Fig. 5.16c 
shows the effect of adding CaHa (1 torr at three intervals) 
to (SFa+CsHe) mixture at 40 kV. This did not increase the 
energy but rather appeared to accelerate the decay rate. In 
contrast when 4 torr of SF& was injected the energy increased 
slightly and more importantly the decay rate decreased. 
Unfortunately, the duration of this improved stability can 
not be discussed due to the short period (22mins) of 
observation. A similar experiment was performed at higher 
repetition rate of 0.5Hz (Fig. 5.17) and it was observed that
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the energy loss (~ 87%) was substantially higher at 45kV than 
that at 40kV (64%).

Finally, the above procedure was repeated for a SF6+H2 

mixture operated at 40kV and 0.2Hz. Fig. 5.18 shows that the 
energy decayed from 348mJ to 207mJ within 30 minutes which 
corresponds to an energy loss of about 40%, which is ~ 8%
lower than its corresponding value in Fig. 5.16b. Thus, alth­
ough using the (SF6+H2) mixture at 40kV and 0.2Hz produced 
lower output energy than the (SF6+C3H8) mixture under the 
same condition, it nevertheless produces a more stable output 
probably due to lower gas consumption rate.
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Fig* 5*16 - Monitoring of (SF6 + C 3H 8) Lifetime at 
y * ’ various applied voltage and constant

rate.
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Fig. 5.17 - Monitoring of (SF6 + C 3H 8) Lifetime at 
various pulse rate and constant applied 
voltage.
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5.4.2 - Divergence measurement
The laser beam divergence was measured in two different 

ways: (i) by scanning the beam with a Gen-Tec joulemeter 
covered with an 0.5mm pinhole (Fig. 5.19a), (ii) by focussing 
the beam onto Polaroid film using a concave mirror 
(R=50cm) as shown in Fig. 5.19b. In the former case the 
divergence was measured by obtaining the FWHM of the beam 
profile recorded at distances of 600 and 200mm from the 
output mirror. On the basis of the beam profiles shown in 
Fig. 5.20 a value of 3mr was obtained. In the second method 
the divergence was measured by dividing the spot size by the 
focal distances, s, and again a value of 3-4 mr was obtained.
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A

position (2) — 3 — position (1)

-b-

Fig. 5.19 - Measurement of HF divergence by 
scanning (a) and focusing (b) 
the beam.



Distance (mm)

Fig. 5.20 - Evaluation of beam divergence using 
the scanning method.

200 ns

Fig. 5.21 - The pulse shape of HF at total pressure of
(SF6 + C3Ha) 2 60 torr, Vc = 40kV, T~ 400ns.



5.4.3 - Emission spectrum
The experimental arrangement used to measure the HF 

laser emission is shown in Fig. 5.23 where the HF laser out­
put was directed into a monochromator (Bentham instruments) 
by a 4m focal length (Fig. 5.23) gold coated mirror. The 
monochromator was equipped with a 300 lines/mm diffraction 
grating and the output detected using an SBRC gold-doped 
germanium IR detector cooled with liquid nitrogen. The 
detector was biased at 40V and its output displayed on a 7834 
Tektronix oscilloscope.

Fig. 5.22 - Calibration graph of monochromator 
with He-Ne.

Prior to measurement of the HF emission spectrum the 
monochromator was calibrated using the He-Ne laser orders 
between n=l (632.82nm) and n=6 (3796.92nm) as shown in Fig. 

5.22.
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Table 5.2 shows that when the optimized mixture of 
SF6/C3H8 (~14:l) was used at Vc = 40kV, the HF laser emission 
spectrum consisted of 20 P-branch transitions in the l-*o, 
2+1 and 3+2 bands of HF covering the wavelength range 2.678 - 
2.925 jim. Fig. 5.24 shows the distribution of energy in the 
various lines. The dominant emissions were at 2.76, 2.78, 
2.82, 2.85 and 2.92 jim. The selective transition lines of HF 
lasers are given in table 5.1 (44).
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Au mirror, R=8m

Fig. 5.23 Experimental set up for measurement of HF 
emission spectrum



Fig. 
5.24 - Energy distribution of HF emission lines.
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Table 5.1 The selective transition lines of 
HF lasers (44).
wavelength in vacuum 
CMlChUMETERl

TRANSITION

ht 2 • A 1 1- 0 RC A)
hF 2 • A 3 1- 0 RC 33
hf 2 • AS 1- 0 RC 2)
hF 2.  A 8 1 “ 0 RC 1)
hf 2. 551 1- 0 PC 1 3
hf 2.57V 1- 0 PC 23
HF 2 • 60oA 1- 0 PC 33
hf 2.63V6 1- 0 PC A3
HF 2. 6726 1 “ 0 PC 53
HF 2. 7075238 1- 0 PC 63

HF 2 • 7 A A 0 1 - 0 PC 73
hf 2.7826 1- 0 PC 83
hf 2.8231 1- 0 PC 93
HF 2. 6657 1- 0 PC 103
hf 2. 9103 1- 0 PC113
HF 2. 9573 1- 0 PC 123
HF 3•0 06A 1- 0 PC133
HF 3.0582 1- 0 PC 1A3
HF 3 . 1 1 2 5 1- 0 PC 153
HF 3 . 16V5 1- 0 PC 163
HF 3.2292 1- 0 PC 173
HF 3. 2919 1- 0 PC 183

HF 2 • 6 6 o 8 2“ 1 PC 13
HF 2. 6963 2- 1 PC 23
HF 2. 7275 2- 1 PC 33
HF 2 . 7 6 0 A 2" 1 PC A3
HF 2. 7952 2- 1 PC 53
HF 2. 8319 2- 1 PC 63
HF 2. 8705 2- 1 PC 73
hf 2 . 9 1 1 1 2- 1 PC 83
hf 2. 9539 2- 1 PC 93
HF 2.9969 2- 1 PC 103
HF 3.0A61 2- 1 PC113
hf 3.0958 2- 1 PC 123
HF 3. 1 AdO 2- 1 PC 133
HF 3.2029 2* 1 PC 1A3
hf 3.2603 2- 1 PC 153
HF 3.2206 2- 1 P C1 6 3

HF 2. 7902 3- 2 PC 13
HF 2. 6213 3* 2 PC 23
HF 2.65A2 3- 2 PC 33
HF 2.8890 3- 2 PC A3
HF 2. 9257 3- 2 PC 53
HF 2 . 9 6 a  A 3- 2 PC 63
HF 3.0052 3“ 2 PC 73
hf 3 . 0A82 3- 2 PC 83
hf 3.0935 3- 2 PC 93
hf 3. IA1 1 3- 2 PC 103
hf 3. 1 91 2 3- 2 P C11 3
HF 3 • 2 A 3 8 3- 2 PC 123
HF 3. 2991 3“ 2 PC133

hf 2. 9221 A“ 3 PC 13
HF 2.V5A9 A- 3 PC 23
HF 2.9896 A- 3 PC 33
HF 3.026 A“ 3 PC A3
HF 3.065 A" 3 PC 53
HF 3 . 1A5A A- 3 PC 83
HF 3 . 1A92 A- 3 PC 73

HF 3.0962 5- A PC 23
HF 3. 1350 5- A PC 33
HF 3 . 16A0 5- A PC A3
HF 3. 21 51 5“ A PC 53
HF 3.258 5- A PC 63



WAVELENGTH in vacuum 
' CMICKUmETEKI

TRANSITION

HF 3.3044 5 “ 4 PC 7)

HF 3. 333 6- 5 PC 4)
HF 3. 377 6- 5 PC 5 I

HF 10. 19/8 0 C 28*27 )
HF 10. 4578 0 C 27-26 3
HF 10. 7439 0 C 26*25 J
HF 1 1 . 0573 0 C 25*24 )
HF 1 1 . 4033 0 C 24*23 )
HF 1 1 . 7 6 54 0 C 2 3*22)
HF 12.2002 0 C 22-21 3
HF 12. 6761 0 (21*203
HF 13.2009 0 (20*19)
HF 1 3. 7841 0 C 19*18)
HF 14. 4406 0 C1 8- 1 7 )
HF 1 5 . 1 7 4 4 0 ( 1 7 * 1 6 )
HF 16. 021 5 0 ( 1 6 - 1 5 )
HF 18.09 0 ( 1 4 * 1 3 )
HF 1 9. 35 0 ( 1 3 * 1 2 )
HF 20.633 0 ( 1 2 * 1 1 )
HF 1 2. 261 9 1 ( 23-22)
HF 12. 7006 1 ( 22-21  )
HF 1 3 . 1 8 7 7 1 (21*20)
HF 1 3 . 7 2 7 7 ?1 (20*19)
HF 1 3. 01 63 1 ( 1 8 - 1 7 )
HF 18. 8010 1 ( 1 4 - 1 3 )
HT 20 • 1 3 J7 1 ( 1 3 - 1 2 )
HF 21 .6986 1 ( 1 2 - 1 1  )
HF 36. 3 1 ( 7-  6)
HF 42. 4 1 ( 6- 5)
HF 50.8 1 ( 5-  4)
HF 63. 4 1 ( 4- 3)
HF 84. 4 l ( 3- 2)
HF 126. 5 1 C 2- 1)
HF 10. 581 9 2 (30-29)
HF 1U. 01 1 7 2 (29-28)
HF 1 3 . 2 2 1 1 2 ( 22- 21 )
HF 14. 2861 2 ( 20- 19)
HF 20.9393 2 ( 1 3 - 1 2 )
HF 1 9 . 5 5 2 ( 1 4 - 1 3 )
HF 11 . 5408 73 (28-27)
HF 1 9 . 1 1 2 9 3 ( 1 5 - 1 4 )
HF 20. 351 3 3 ( 1 4 - 1 3 )
HF 21 . 7805 3 ( 1 3 - 1 2 )
HF 1 9 . 9 1 3 4 ( 1 5 - 1 4 )

number of l i n e s  in hydrogen f l uori de

i



Table 5.2 - HF Laser emission spectrum

measured vibrational band transition calculation
(pm) (J) (pm)

2.6784 5 2.6726
2.7077 6 2.7075
2.7442 7 2.7440
2.7825 1 — ► 0 8 2.7826
2.8232 9 2.8231
2.8656 10 2.8657
2.9104 11 2.9103

2.6969 2 2.6963
2.7274 3 2.7275
2.7603 4 2.7604
2.7962 5 2.7952
2.8321 2 — ►O 6 2.8319
2.8704 7 2.8705
2.9110 8 2.9111
2.9535 9 2.9539

2.7903 1 2.7902
2.8213 2 2.8213
2.8542 3— ►2 3 2.8542
2.8890 4 2.8890
2.9254 5 2.9257
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Chapter 6
Fluoride-glass fibre studies
6.1 - Introduction

The HF laser as discussed earlier (chapter 5) operates 
in a wavelength region (2.6-3pi) where tissue by virtue of 
its high water content exhibits strong absorption (l). This, 
as has been noted in chapter 7 helps to restrict thermal 
injury to a relatively small zone when the laser is used in a 
pulsed mode to ablate tissue, other mid-lR lasers such as 
Er:YAG and Ho:YAG have also been shown to produce well 
defined incisions with small zones of thermal injury (2-5). 
For such clinical applications it is often desirable to 
deliver the laser using a fibre and although fibre delivery 
studies have been reported for Er:YAG and Ho:YAG lasers (6-9) 
there have not been similar investigations for the pulsed HF 

laser.
An advantage of the HF laser over other mid-lR lasers 

for carrying out basic studies on tissue ablation is that 
relatively short duration (<ljis) pulses can be generated 
using a simple TE device (chapter 5). In contrast, whilst 
Er:YAG and Ho:YAG can be Q-switched to produce short pulses, 
most tissue ablation studies reported for both fibre and 
direct beam delivery have involved -normal mode- pulses 
having long durations C200p). This makes meaningful 
comparison of results obtained with short pulses excimer 

lasers difficult.
in this chapter the suitability of a fluoride glass 

fibre for delivering short (-400ns) pulses from the multiline 
HF laser at sufficiently high fluences for use in tissue
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ablation is evaluated. The choice of fluoride glass was 
dictated by its ultralow intrinsic attenuation in the mid-IR 
and low toxicity compared with, for example, fused silica 
(high absorption in the 2-3pm region) or XRS-5 (thalium 
toxicity) fibres (10). Measurements reported include the 
distributed attenuation coefficient of the fibre for the 
multiline HF laser, end losses, the characteristic output 
beam divergence and fibre lifetime at various operating 
fluences. Useful output fluences (<7Jem-*) are shown to be 
obtainable malting this fibre-laser system suitable for soft 
tissue studies as elaborated upon in subsequent chapters.

6.2 - IR laser-fibre experiment.«»
6.2.1 - Experimental; Laser and fibre

The HF laser used in these experiments has been 
described in chapter 5. Measurements of the fibre energy 
transmission for HF laser radiation were made using the 
experimental setup shown in Fig. 6.1. The output from the 
laser was passed through a circular aperture to select a 
region of uniform fluence and this aperture was then suitably 
imaged onto the target zone (fibre face or tissue sample) 
using an NaCi lens of 50mm focal length. A set of glass 
attenuators was used to vary the fluence, energy measurements

being made u sin g  a Gen-Tec p y r o e le c t r ic  jo u lem eter, A beam

splitter (ir grade quartz) following the aperture directed a 
small fraction of the output beam onto an inAs photodiode 
(Judson J12) allowing the relative laser output to be 
monitored on a shot-to-shot basis.

A f lu o r id e  g la s s  o p tic a l f ib r e  (mixed metal core and 

c la d d in g , with an a c r y la te  coat) su p p lie d  by In fra re d  F ib re
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NaCl
Gen-Tec lens |

T
IR-fused silica 
(beam splitter)

Fig. 6.1 - Experimental setup for measurement of fibre
energy transmission as a function pulse numbers.



Systems (silver spring, MD, USA) was used in the experiments. 
The diameters of the core and core-plus cladding were 500 and 
600|im, respectively. The attenuation of this fluoride glass 
fibre as measured by the manufacture is shown in Fig. 6.2 
where the solid line indicates attenuation obtained with 
reagent-grade materials and the broken line the lower atten­
uation that can be obtained by using purer raw materials.

Fig. 6.2 - Attenuation curve of fluoride glass fibre 
(Infrared Fibre Systems, Inc.).

It is evident that loss is minimized around 2.5-3um where it
drops to <0.1dBm-i. A major problem associated with this
large diameter fluoride glass fibre was found to be its 
brittleness. Great care was necessary when handling it and
only very gentle bends could be tolerated without fracture.

This ruled out making measurements of the effect of 
bending on loss and studies were confined to essentially 
straight samples. Prior to all experiments the fibre ends 
were cleaved, polished using aerosol cutting polish (RS.556- 
34) and then inspected under visible light illumination using 
an optical microscope (Fig. 6.3a). As can be seen these steps 
provided a visually good quality surface and the optical 
illumination was able to clearly delineate the core, cladding
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200 jim  200 >im
Fig. 6.3 - Fluoride glass fibre (a) Optical micrograph of 

polished fibre under white light transmission. 
The core diameter is 500pm. (b) SEM of damaged 
input face of fibre, 1 pulse at 35Jcm-2.



and coating regions.

For studies of the fibre end-face loss a short length of 
fibre (130mm) was fitted with a simple photoacoustic sensor 
(11) based on a PVDF piezoelectric film. This sensor, as 
shown in Fig. 6.4, consisted of a single layer of 9jim thick 
PVDF film (10x20mm2) wrapped around a perspex cylinder 
through which the fibre passed. Intimate contact was maint­
ained between the fibre and cylinder by means of silicone 
grease. A second cylinder of perspex was used to clamp the 
film in place (Fig. 6.4). Electrical contacts was made to the 
aluminized PVDF film using silver epoxy and the output leads 
taken to a 1MÛ Tektronix amplifier in a Tektronix 7834 
oscilloscope. In this way thermoelastic stress waves 
generated by heating as a result of laser absorption at the 
fibre face could be detected following their propagation 
through the fibre and inner cylinder of the photoacoustic 
sensor. In addition, for some experiments a sensitive ir 
detector (InAs photodiode Judson J12) was employed to detect 
laser radiation scattered from the fibre at different 
positions along its length.

6*2*2 -  T ransm ission  and f ib r e  daman.

Measurements of the f ib r e  energy tra n sm issio n  fo r  HF 

la s e r  r a d ia t io n  were made by imaging the output beam on to  

the fro n t face of the f ib r e  and measuring the output energy 

u sin g  a  p y r o e le c t r ic  joulem eter. The input beam was arranged  

to  cover ;7 0 %  of the core area ( 1 2 )  and was input a t  an 

e f f e c t iv e  aperture r a t io  o f 7 , well  w ith in  the 0.22 num erical 

aperture of the f ib r e .  The c u t-b a c k  technique was used to
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Fig. 6.4 - Schematic diagram of photoacoustic transducer used 
to investigate loss at the input surface of fibre.



estimate the distributed loss coefficient and the end losses 
of the fibre: starting with a 73cm long fibre, the
transmission was measured and then the fibre progressively 
reduced in length, each time repolishing the cleaved end and 
repeating the measurements. The fibre transmission Ei, can be 
expressed as;

-K(L)L
Et = TiT0 e a iD . 1

where Ti and T0 are the transmission factors at the input and 
output faces, L is the fibre length and K(L) the distributed 
loss which may be length dependent.

By plotting the logarithm of the transmission, lnET, Vs 
L it is thus possible to determine K(L) and also estimate 
TiTo by extrapolating to L=0. Results obtained for the 
fluoride glass fibre are shown in Fig. 6.5 for three input 
fluence levels. In each case InET decreases at an approxi­
mately constant rate with increasing L beyond about 20cm 
giving a mean value of K = 0.15 + 0.03m-i for the distributed 
loss. The more rapid drop in InET for L<20cm may be due to a 
fraction of the beam exciting cladding modes which rapidly 
attenuate with distance. The form of the curves in Fig. 6.5 
indicates that the fall in transmission with increasing 
fluence can principally be attributed to increased end losses 
associated with coupling energy into (and out of) the fibre. 
Extrapolation to L=0 gives an estimated end loss 0f ~i9% per 
surface at 0.5Jcm-2 increasing to ~24% per surface at 19Jcm-2 
assuming the end loss is equally distributed between each end 

(ie Ti-To). Additional evidence for the presence of non­
linear absorption at the entrance surface to the fibre was 
obtained from measurements using the photoacoustic transducer
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described in section 6.2.1. With the fibre input surface 
located 1mm from front face of the transducer as indicated in 
Fig. 6.4, measurements of the voltage response were made as a 
function of the input fluence.

Fig. 6.5 - Plot of InEr Vs length for fluoride 
glass fibre at input fluences of 0.5 
11 and 19Jcm~2. '

The transient voltage response shown in Fig. 6.6 (see 
inset) consists of an initial step delayed by ~2p  with 
respect to the HF laser pulse, and rising to produce a 
relatively large amplitude pulse peaking at ;4us. The initial 
delay is consistent with the propagation time for an acoustic 

wave to travel through the fibre and the perspex cylinder 
having originated at or near the fibre surface. The maximum 
signal amplitude, shown in Fig. 6.6 as a function of the 
input fluence, exhibited a linear increase up to 215Jcm-2 but 
beyond this increased considerably more rapidly suggesting 
that the absorption loss is non-linearly related to the
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F (JcriT2)
Fig. 6.6 - Peak amplitude of the photoacoustic transducer 

as a function of input fluence to the fibre and 
the transient response (inset) of transducer for 
fibre irradiated at an input fluence of 5.5 J c m - 2 .



fluence. The origin of the stress-wave signal is assumed to 
be the thermoelastic effect produced by the local temperature 
rise associated with the absorption of laser radiation at the 
fibre input surface and its subsequent decay to heat.

At high fluence where physical damage resulted at the 
fibre input face, the response of the photoacoustic trans­
ducer exhibited a relatively complicated behaviour. The first 
pulse caused plasma formation as evidenced by a bright spark 
and audible noise and the recorded photoacoustic signal was 
essentially unipolar (Fig. 6.7; 37Jcm~2). The second pulse 
produced an even brighter and louder plasma response and 
again a unipolar, compressive photoacoustic signal but with 
continued exposure the plasma became progressively weaker and 
the signal decreased correspondingly (Fig. 6.7). This is 
illustrated by the steady drop in peak signal from the trans­
ducer after the second pulse which is plotted in Fig. 6.7. It 
is likely that the initial signals are largely dominated by 
contributions from the (high pressure) plasma found at the 
surface the signal then weakening as the surface 'conditions' 
and plasma formation ceases ie the fibre input face becomes 
cleaner and surface radiation absorption decreases. The 
precise mechanism leading to non-linearity is not known but 
it most likely relates to absorption at surface states at the 
fibre Input (and possibly output) faces.

Measurements using the side-viewing in photodiode 
appeared to rule out physical damage as a contributory factor 
to loss. This is evidenced by the constancy of the scattered 
signal (Fig. 6.8) with number of laser pulses, even at 
fluences considerably above the value at which the photo-
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acoustic repsonse became non-linear (Fig. 6.6) and increased 
transmission loss (Fig. 6.5) occured. In contrast, at higher

Fig. 6.8 - Amplitude of the optical signal scattered 
from the fibre as a function of number of pulses.

fluences (232Jcm~2) where catastrophic laser damage to the 
input face of the fibre occured (Fig. 6.3b), the scattered 
signal increased abruptly as is shown in Fig. 6.8. in this 
case input radiation is scattered out of the core because of 
the damaged end face. This is illustrated by the results in 
Fig. 6.9 obtained at an input fluence of 37Jcm~2 which show 
the output signal from the side viewing IR detector at 
various positions with respect to the input surface. The 
signal maximizes (a in Fig. 6.9), near the input surface 
where, presumably scattering, is strongest, then decreased to 
zero over the most of length (b in Fig. 6.9) and finally 
rises again due to back scattering at the output face 
(c and d Fig. 6.9).
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a h c d

different positions of the fibre at 37Jcm-2 . 
(a) x = 0 (input), (b) x = 7.5cm (middle), 
(c) x - 14cm, (d) x = 15cm (output).



The fibre transmission can be conveniently summarized by 
plotting the output Vs the input fluence as shown in 
Fig. 6.10 for a fibre length of L=15cm. Here the output 
fluence from the fibre was calculated using the core area and 
measured output energy and the results are based on the 
transmission after exposure to 100 pulses at each fluence. 
For input above ~15Jcm_2 the transmission begins to fall due 
to increasing end losses and beyond ~32Jcm~z catastrophic 
damage is produced by the 2400ns duration HF laser pulse and 
the output fluence drops sharply.

Fig. 6.10 - Plot of variation of output fluence with 
. * * input fluence in a 15cm long fibre for

multiline HF laser.
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Tests of the-fibre lifetime could only be carried out 
over a relatively small number of pulses because of the low 
pulse-rate of the laser. However, the limited results 
obtained indicated that for input fluences £15Jcm~2 the fibre 
transmission remained constant for at least 700 pulses as 
shown in Fig. 6.11. At higher fluences not only was the 
initial transmission lower but this also continued to 
decrease with continued exposure as indicated, for example, 
by the results for a fluence of 24Jcm- 2 (Fig. 11). These 
results, together with those in Fig. 10, indicate that the 
present fluoride fibre would have practical utility for sub­
microsecond HF laser pulse delivery provided the output 
fluence for a i°nST fibre was limited to <7Jcm-2. For
comparison it should be noted that long pulse (X70|is) solid- 
state lasers in this wavelength region can be transmitted 
through similar fibres at much higher fluence level 
(~240Jcm-2) because of the lower irradiance involved (6).
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Fig. 6.11 - Fibre transmission as a function of number 
of laser pulses for various input fluences;
Fi = 10Jcm_2, F 2 = 15Jcm-2, F 3 = 24Jcm-2.
F4 = 32Jcm_2< Fs = 40Jcm-2, F 6 = 43Jcm~2.



6.2.3 - Output beam divergence from fibr-w
In fibre based ablation it may often be necessary to 

have a spacing between the target tissue and fibre end rather 
than work in a direct contact mode. It is therefore important 
to determine the value of output beam divergence from the 
fibre in order to assess its effect on the laser-material 
interaction process. The HF laser beam was suitably imaged 
onto the entrance surface of a 15cm long sample of the 500pm 
core fluoride glass fibre using a NaCl lens of 50mm focal 
length operating at an aperture ratio of 7. This corresponds 
to an input full angle of about 8 (or ~140mr) which is 
within the maximum acceptance angle of the fibre given by 
sin-i 0.22~12 (24 full-angle).

To determine the output divergence in air, an unexposed 
developed Polaroid film was ablated at different distances 
from the fibre tip. As seen from Fig. 6.12a it was observed 
that when the target was in contact or very close to the 
fibre end, the ablation was uniform and that the ablated area 
was comparable to the fibre core area. As the separation 
gradually increased so did the overall interaction zone 
(outer ring in Fig. 6.12a); however, the strong ablation zone 
(inner ring) became smaller and progressively weaker. This 
behaviour would be consistent with a transition from a 
uniform to non-uniform fluence peaking on axis such that the 
region of intense ablation decreases as the distance from the 
fibre tip increases. The output beam divergence was evaluated 
by plotting the measured values of outer ring radius against 
the corresponding distance and using the initial slope as 
shown in Fig. 6.12b. From these results the beam divergence
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Fig. 6.12 - (a) Some examples of ablation of Polaroid 
film at different distances from the fibre 
tip and (b) plot of outer and inner ring 
radii vs distance.



from the fibre was deduced to be about 140mrad (full angle) 
which is essentially identical to the range of input angles 
to the fibre for the optical arrangement used.

6.3 - Discussion
These experiments demonstrate that a relatively large 

diameter fluoride glass fibre (^SOOpn core) can be used to 
deliver the multiline HF laser at suitably high output 
fluences (<̂ 7Jcm-2) for ablation studies. This size fibre was 
found, however, to be extremely brittle and great care was 
required when handling it; for many clinical applications it 
could, on this basis, be necessary to protect the fibre using 
a rigid guard limiting its usefulness in many procedures. 
However, for intraocular ablation work this is less of a 
problem, and indeed, a rigid delivery system may be advantag­
eous in targetting sites for laser ablation.

■ The fluoride glass fibre distributed attenuation for the 
multiline HF laser (2.6-2.9) was measured to be 0,15 + 0.03m*i 
(0.6 5dBm_1) which is considerably higher than specified by 
the manufacturer who claim values of 2L°*ldBm-i. Details of 
their measurement technique were not available but are 
probably based on a low power IR radiation source. Here, with 
the pulsed HF laser, high irradiance levels are involved 
QlMWcnr2) which may enhance losses due to non-linear 
effects. Differences between the input coupling (ie numerical 
aperture of coupling lens) may also be contributory. In 
addition it was deduced from photoacoustic and transmission 
measurements that fibre end losses were fluence dependent 
again pointing to non-linear effects. To gain further insight 
into these bulk and surface loss mechanisms it would be of
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interest to carry 
fluoride glass at 
spectral region.

out studies on bulk samples of this 
high irradiance levels in the 2-3y.m

239



1. Wolbarsht M.L.
Laser surgery: Co2 or HF.
IEEE J.QE., 20:1427:1984.

2. Peyman G.A., Katoh N.
Effects of Er:YAG laser on occular structures.
Int. Ophthal., 10:245:1987.

3. Kopchock G.E., White R.A., et al.
Ho:YAG laser ablation of vascular tissue.
Laser Surg. Med., 10:4405:1990.

4. Seiler T., Marshal J., et al.
Potential of an infrared HF laser (3um) for corneal 
surgery.
Laser in Ophthal., 1:49:1986.

5. Leortscher H., Mandebaum S., et al.
Preliminary report on corneal incisions created by a 
HF laser.
Am. J. Ophthal., 102:217:1986.

6. Bonner R.F., Smith P.D., et al.

Quantification of tissue effects due to a pulsed Er:YAG 
laser at 2.9um with beam delivery in a wet field via 
zirconium fluoride fibres.
SPIE., 713:2:1986.

7 . Whitehurst C., Dickinson M.R., et al.
Transmission of 2.94um laser radiation by zirconium 
fluoride optical fibres.
SPIE., 1048:141:1989.

240



8.
Noncontact tissue ablation Ho:YSGG laser pulses in blood. 
Lasers in Surg. and Med., 11:26:1991.

9. Wiithrich S., Liithy W. , Heinz H.
Optical damage thresholds at 2.94pn in fluoride glass 
fibres.
Appl. Opt., 31:5833:1992.

10. Croitoru N., Gannot I.
Characterization of hollow fibres for the transmission 
of IR radiation.
Appl. Opt., 29:1805:1990.

11. Burt J.A., Ebeling K.J., et al.
Observation of the photoacoustic effect in an optical 
fibre.
Opti. Comm., 32:59:1980.

12. Taylor R.S., Leopold K.S., et al.
Dependence of the damage and transmission properties of 
fused silica fibres on the excimer laser wavelength.
Appl. Opt., 2:3124:1988.

Van Leeuween T.G., Maurits J., et al.

241



Chapter 7
Interaction of Infrared laser with organic material

The purpose of this chapter is to study the potential of 
a fluoride glass fibre for delivering a multiline (2.6-3jim) 
HF laser with 400ns pulse width (FWHM) to ablate ophthalmic 
tissues in air and saline, and polymers in air.
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7.1 Ablation of biological tissues using fibre delivered 
HF laser

7.1.1 - Fibre - Cornea - Air

The experimental set up for ablation of bovine cornea 
and lens tissue in air was essentially similar to that in 
Fig. 6.3. The sample was mounted onto a purpose-built perspex 
holder fixed to an X-Y-Z translator allowing its accurate 
location with respect to the fibre tip. A stereo-optical 
microscope was used to allow in situ observation of the 
ablation site. The fibre face was positioned to be in 
intimate contact with the tissue surface prior to
commencement of irradiation. Material removal measurements 
were made by exposing the samples to a predetermined number 
of laser pulses, n, and measuring the depth of material 
removed,A # using a high resolution optical microscope 
(Olympus BHM, + 2jim dept*1 resolution). The average etch rate 
(removed tissue depth per pulse) was then calculated from 
A/n. As no attempt was made to follow the retreating 
(ablated) surface into the tissue by repositioning the fibre, 
A  was restricted to small values (<̂ 300̂ .m) to avoid
significant changes in the fluence due to beam divergence 
(Section 6.2.3, Chapter 6).

Initial experiments were carried out with tissues that 
had been fixed in glutaraldehyde formaldehyde solution prior 
to the experiment to prevent degradation. Although under 
these conditions results are not strictly appreciable to the 
clinical environment, SEM photographs are shown here for 
completeness and to allow a comparison with those obtained 
for fresh tissue. Fig. 7.1 shows the ablation site produced
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500Hm

(b)
Fig. 7.1 - Ablation of fixed cornea with HF in air 

(a) without fibre at F23Jcm-2, 50 pulses 
and (b) with fibre at lJcm-2 , 1 2 0 pulses.



I-------------------- 1200 pm
(b)

Fig. 7.2 - Ablation of fixed lens with HF in air 
(a) without fibre (b) with fibre,
(c) histological sample of lens 
cross-section, F25Jcm~2, 50 pulses.



by the HF laser of fixed bovine cornea in air with and 
without the fibre. In both cases a relatively smooth crater 
wall is produced similar to those obtained with the KrF laser 
(Fig. 4.11), and no apparent difference can be seen in cornea 
incision produced by with and without fibre. A similar 
incision quality was also obtained when bovine lens tissue 
was ablated (Fig. 7.2). The right hand side of each photo 
shows an enlarged version of the boxed region, from which it 
is evident that the lens fibres have been strongly affected 
by heating effects associated with HF laser interaction.

(Fig. 7.2C)
Subsequent experiments were performed with samples of 

cornea obtained from freshly enucleated bovine eyes which 
were isolated by a circumferential incision at the limbus. 
Tissue hydration was maintained prior to and between exper­
iments by immersing the specimen in saline.
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Following irradiation, tissues were then fixed in 
glutaraldehyde-formaldehyde (3ml glutaraldehyde (25$), 50ml 
formaldehyde (10$), 3g NaCl, 4.5g sucrose buffered with 0.1M 
phosphate to 100ml). For SEM evaluation of the ablation site 
the cornea samples were dried using a critical point drying 
apparatus so as to minimize structural deformation or 
collapse.

Fig. 7.3 shows the etch depth per pulse as a function 
of fluence for the fibre delivered HF laser ablation of 
cornea. Ablation is seen to commence at a threshold fluence 
of 2 °*5 Jen»-2 which is similar to the value reported by 
Valderrama et al (1). Below 3 Jem-2 the etch rate has an 
approximately linear dependence on the logarithm of fluence 
but above this it increases quite sharply such that at just 
below 8 Jem-2 the etch rate reaches 2 17|im per pulse. 
Similarly high values have been reported by Valderrama et al 
(1) using a single line (2.78 or 2.91|im) HF laser. Fig.7.4(a) 
and (b) show the ablated corneal surface using the fibre at 
output fluences of 3 and 4.5 Jem-2, respectively. in each 
case the exposure was for 60 pulses. In the lower fluence 
example (Fig.7.4a) the epithelium has been clearly penetrated 
and ablation of the superficial corneal stroma has occured.
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Fluence (J cm"2)

Fig. 7.3 - Etch depth per pulse for bovine cornea 
as a function of fluence for fibre 
delivered HF laser. The solid line is 
a least square fit to the data at lot 
fluence assuming a logarithmic 
dependence is applicable. The dotted 
line assumes a linear dependence is 
applicable at higher fluence.

Material removal is restricted to a zone similar in size 
to the fibre core diameter although in the margin of the 
incision some distortion of the epithelium has taken place. 
This may be due to the ablation products being forced 
between the fibre face and tissue surface. This effect is 
also seen in the higher fluence example in Fig. 7.4(b). Here 
the iseop deep crater in the stromal cornea has sharply 
defined walls that are relatively smooth and free of 
fibrillar debris. The ablation crater is quantitively similar 
in appearance to that produced using the 248nm laser (2) and
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Fig. 7.4 - SEM of bovine cornea ablated in air 
using the fibre delivered HF laser 
(a) 60 pulses at 3Jcm*2 with contacted 
fibre, (b) 60 pulses at 4.5Jcm-2 
with contacted fibre, the arrow marks 
the base of epithelium, (c) 50 pulses 
at 6.5Jcm~2 with fibre tip 1mm from 
the surface.





is superior to results obtained using the 10.6pm TEA CO2 

which produces a cut with much more debris (3). Fig. 7.4(c) 
shows an SEM obtained for exposure to 50 pulses at 6.5 Jem-* 
with the fibre located 1mm from the corneal surface. Here 
there is no apparent damage or modification to the epithelium 
at the periphery of the ablation crater. This observation 
would appear to support the suggestion that confinement of 
the ablation products with the contacted fibre is responsible 
for the zone of distortion surrounding the incisions in 
Fig. 7.4(a) and (b). With the non-contacted fibre this effect 
is eliminated as the ablation products may readily escape 
from the crater. The diameter of the incision in Fig. 7.4(c) 
is about 350pm which is somewhat smaller than the core fibre. 
This is attributed to beam divergence which leads to the 
fluence distribution becoming non-uniform and broadened such 
that the tissue ablation threshold is only exceeded over a 
diameter that decreases with increasing distance from the 
fibre tip. This behaviour was confirmed by studies using 
other media (eg. unexposed, developed polaroid film) as 
discussed in Section 6.2.3, Chapter 6.

To interpret the variation of etch rate per pulse with 
the logarithm of the fluence for cornea shown in Fig. 7.3, 
a model (4,5) for polymer and tissue ablation issued in which 
absorption in both the sample and blow-off plume are taken 
into account. In the general case of a sample in which the 
laser is absorbed according to Beer's law with an absorption 
coefficient a in condensed phase, and in which ablation 
commences instantaneously once a threshold fluence Fth is 
exceeded, the etch rate per pulse is,
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1
De = a. ‘fin a? F/FthCe - ciip/ a+i

■]
7.1

Here dip is the absorption coefficient of the plume formed by
I

the ablated material and F is the laser fluence. In deriving 
equation 7.1 it is assumed that thermal conduction loss is 
negligible during the ablation phase, which is valid provided 
the spot size and characteristic optical absorption depth 
large compared with the thermal diffusion depth, XT, that 
applies during the laser pulse. This is given by,

V 2
XT - (4kT) 7.2

where k, t are the thermal diffusivity and pulse duration 
respectively. Taking k = 1.3x10 ^ s - i  for cornea and T- 
400ns gives XT = 0.45pm which is smaller than but comparable 
to the smallest optical absorption depth (inverse of absorp­
tion coefficient ie, 1/1.2x10*011- x ) of ; O.Bpm for cornea at 
the 2.91pm HF laser transition (1). Thus, neglect of heat 
flow during the laser pulse is only marginally valid.

For the limiting case of a transparent plume ( ctP _o),
equation (7.1) reduces to

(F-Fth)
Do = 7.3

FthOi

and the etch depth per pulse Is linearly dependent on 
fluence. In contrast. If the plume retains the same 
absorption coefficient as the condensed phase so that <X-atl 
equation (7.1) gives the well known Beer's law form (4 )

1 F
D» a In

Ft h 7.4

and the etch rate varies as the logarithm of fluence. It is
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apparent that below 2 3Jem- 2 the data in Fig. 7.3 agree quite
well with equation (7.4), which predicts a linear dependence
of the etch rate on the logarithm of fluence. A fit to the
date for F<3Jcm-2 using equation (7.4) yields Fth ~ 0.42Jcm-2

4
and CX » 1.2x10 cm-i for the threshold and effective tissue 
absorption coefficient, respectively. In the higher fluence 
region (>3Jcm-2) the etch rate increases sharply and the data 
is better fit by a linear dependence on fluence which 
suggests a transition to a transparent plume ( QrP*=o) takes 
place. This is probably due to strong heating of the ablation 
products in the early stages of the laser pulses at high 
fluence and their degradation to low mass, relatively 
transparent, species.

If under these conditions, we assume a P=o and use the
equation (7.3) to fit the high fluence data, a value for Ft*u

3
of about 3.2x10 Jem-3 is obtained from the inverse slope of

3
the line. Using Fth20*42Jcm-2 a value for CK of 8x10 cm~i is
then obtained which is consistent with the estimate made for
the low fluence regime. These compare well with a value of 

3a 2 9x10 cm-1 calculated from a weighted average for the 
spectral content of the multiline HF laser used in the 
experiments and the corneal absorption spectrum in the 2-3pm 
region (1). It is interesting to note that this interpretat­
ion of the HF laser does not necessitate postulating strong 
tissue bleaching (1) to explain why the etch depth greatly 
exceeds the characteristic optical penetration depth.

The sharply defined incisions produced in the cornea by 
the HF laser are consistent with the high effective absorp­
tion coefficient in this spectral region and the short laser
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pulse duration which minimizes heat tránsfer to adjacent 
tissue (2). With the contacted fibre a peripheral zone of 
influence is evident in the SEM photographs (Fig. 7.4a) 
which is attributed to the containing effect the fibre has on 
the ablation products. This region extends over a width 
(~100pm) comparable to that of the fibre cladding and coating.

It is possible to estimate the temperature Tf of the 
front face of the tissue following the arrival of the laser 
pulse by neglecting heat flow from the irradiated volume and

using:
(1-R) Fa

Tf = ----------  + Ti 7.5
Pc

Here Ti is the initial temperature, R is the surface reflect­
ivity Pand C are the density and heat capacity, respectively 
of the tissue. Assuming p- lgcm-3 and C=4.2Jg-iK-* the final 
temperature at the surface of tissue at 0.1Jem* 2 can be 
estimated to be about 570K which is very close to the tissue 
critical temperature.

7.1.2 - Fibre - cornea - saline
The reason for studying ablation of cornea in saline is 

not only due to fact that the cornea itself contains a 
considerable amount of saline, but also because 'in vivo' a 
relatively thick (2 13pm) saline layer (tear film) covers the 
anterior surface of cornea. The tear is composed of three 
components: lipid layer (2-3pm), aqueous layer (6-10pm), and 
inner mucoid layer (0.02-0.05pm) which is in contact with the 
anterior corneal epithelium (6). Lacrimal glands provide the 
minute-to-minute supply of tears and their normal volume is
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about 7-10ml. There is a continual secretion (nonreflex) rate 
of about lml/min (the range of flow rates being 0.5- 
2.2ml/min) from the accessory lacrimal glands (7,8).

The experimental arrangement for investigating the 
ablation of cornea with the fibre in saline is shown in Fig. 
7.5. A 15cm long fluoride-glass fibre with 2 500|im core
diameter was cleaved and polished using aerosol cutting 
polish (RS 556-34), and then inspected using an optical 
microscope. It was then carefully placed inside the saline 
container (initially with no saline) and optimized as discus­
sed previously. A region of uniform fluence from the laser 
output was selected using a circular aperture and imaged 
onto the fibre input face using an NaCl lens of 50mm focal 
length. An ir grade quartz beam splitter directed a small 
fraction of the output beam onto a joulemeter so that the 
relative laser output could be monitored on a shot-to-shot 
basis« The container was then filled with saline and the beam 
focusing was checked again, since the act of pouring saline 
could sometimes disturb the fibre position. The experiments 
were performed at a laser repetition rate of 0.2Hz.

Ablation rates for cornea with the contacted fibre in 
saline are shown in Fig. 7.6 as a function of fluence. An 
approximate threshold for ablation of about 0.4 Jem-2 was 
obtained from the log-linear plot, which is similar to that 
measured for an air-based fibre. The removal rates are much 
lower, however, than in air particularly at high fluence and 
remain < l|un Per Pul®e f°r fluences up to about 9 Jcm-2. 
An effective attenuation coefficient of about 4x10 cm-i is 
derived from the slope of the etch rate-fluence plot in

251



Fig. 7.6 using the equation 7.4. This corresponds to an 
optical absorption depth of 2°*25 îm which is smaller than the 
thermal diffusion depth (20.45|im), thus heat flow outside the 
irradiated volume may not be neglected. Equation (7.5) can no 
longer be used but instead the heat diffusion model should be 
used to calculate the tissue temperature rise below the 
ablation threshold.

Measurements of the removal rate per pulse as a function 
of pulse number for several fluences showed that this varied 
relatively weakly beyond about 20 or so pulses. For example 
in Fig. 7.7a the etch depth per pulse at 2 Jem-2 increased 
up to 20 pulses but beyond this tended to increase more 
slowly. Likewise at 5.5 Jem- 2 the etch depth per pulse 
remained almost constant after about 40 pulse (Fig. 7.7b). 
This is reflected in the plots of the total etch depth as a 
function of pulse number at these fluences which as shown in 
Fig. 7.8. are reasonably well approximated by straight lines 
passing through the origin.
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IR-fused silica 
(beam splitter)

Fig. 7.5 - Experimental set up for fibre-delivered 
ablation of bovine cornea in saline with 
HF laser.



Fluence {J cm”2)

Fig. 7.6 - Average etch-depth per pulse for cornea with 
contacted fibre in saline as a function of 
HF laser fluence.

SEM photographs of the ablation site for the contacted fibre 
in saline are shown in Figs. 7.9a and b for exposures at 
5Jcm~2 for 1 and 100 pulses. The interaction zone is 
significantly smaller in diameter than the fibre core, 
possibly because of some fluence non-uniformity at the fibre 
output surface. It is evident that the ablated surface is 
essentially free of fibrillar distortion or debris and that 
with 100 pulses a sharply defined incision is produced that 
clearly penetrates the epithelium and superficial stroma. 
This behaviour is closely similar to that for an air-based 
contacted fibre (Fig. 7.3).
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of laser pulse number in saline at 
(a) 2Jcm-2 and (b) 5.5Jcm-2.



Fig. 7.8 - Etch depth as a function of ablating pulses 
at output fluences of 2 and 5.5 Jem-2.

SEM and optical microscope inspection was also carried out 
for corneal samples located at various distances, d, from 
the fibre tip in order to ascertain the damage range. In this 
way it was found, for example, that for multishot exposure at 
5Jem'* observable damage of the sample only occured for 
d < 250p. Fig. 7.10 shows an SEM of the corneal surface 
damage that resulted following 20 pulses at an output 
fluence of 5 Jem-* with the fibre tip located about 200um 
from the surface ie, close to the damage range limit under 
these conditions. There is extensive damage in the form of 
disruption and distortion of stromal collagen fibrils over a 
zone exceeding 1mm in diameter in sharp distinction to the 
results with the contacted fibre where the ablation crater is 
smooth and well defined (Fig. 7.9). Even at this small
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separation the HF laser beam cannot penetrate saline so as to 
reach the sample surface so that it is necessary to conject­
ure that the damage is either produced by an expanding vapour 
bubble or is a result of mechanical disruption produced by an 
intense acoustic wave or possibly a combination of these 
effects. Similar measurements were also carried out for 
bovine retina samples. The retina samples were prepared by 
first extracting the content of the eyeball and then turning 
it inside out so that the retina which is attached to an 
underlying layer (choroid)faces outward. No attempt was made 
to detach the retina since it is very delicate tissue and 
technically difficult. Therefore the choroid layer was pinned 
down on the holder and used as a support plate. The differen­
tiation between these two layers is relatively easy using an 
optical microscope due to transparency of retina in contrast 
to the light blue (outer surface) and dark velvet-type 
pigmented material (inner) of the choroid in the background.. 
In this case it was found that local surface disruptions 
could be produced with the fibre tip at much larger distances 
from the sample; for example at 4.5Jcm-2 the damage limit 
range was d22mm. This is much larger than for cornea, a 
result that can be attributed to the greater sensitivity of 
this delicate tissue to damage.

In summary the ablation rate for cornea with the 
contacted fibre in saline falls well below that for air 
particularly at high fluence (eg. at 5Jcm-2, this is about
O.Spn per pulse which is about ten times lower). Although at 
first sight this might be expected if an intervening water 
layer acts as to block the beam from the surface as etching
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Fig. 7.9 - Scanning electron micrographs of cornea
ablated in saline at 5Jcm-2 (a) contacted 
fibre, 1 pulse (b) contacted fibre, 100 
pulses.



Fig. 7.10 - S u r f a c e  o f  c o r n e a  f o l l o w i n g  e x p o s u r e  t o  
2 0  p u l s e s  f r o m  H F  l a s e r  w i t h  f i b r e  t i p  
l o c a t e d  2 2 0 0 Virn f r o m  t h e  s a m p l e  i n  s a l i n e  
(F~5Jcm-2) '



proceeds to greater depths, the fact that the removal rate 
per pulse is approximately constant with pulse number (Figs. 
7.7, 7.8) suggests this is not the case. A possible explana­
tion for this behaviour is that gaseous ablation products 
remain trapped in the shallow ablation cavity and prevent 
water from filling this cavity. This would then allow the 
beam to reach the surface without significant attenuation. 
The difference in ablation rates for the contacted fibre in 
air and in saline would then be due to the saline preventing 
rapid expansion of the ablation products such that they were 
maintained at high density and continued to attenuate the 
beam during the laser pulse.

7.2 - Photoacoustic studies

7.2.1 - Cornea - Air

The experimental arrangement for ablation of fresh 
bovine cornea in air „as similar to that shown in Fig. 4.Ua 
where in this case the HF laser was focused to produce a spot 
size of about 500pm on a I 300pm thick tissue sample using an 
NaCl lens of 50mm focal length. The electrical out-put from 
the transducer was taken to a IMS) Tektronix plug-in amplifier 
providing a voltage response proportional to the normal force 
at the transducer (9).

At low fluence CO.SJcnr*) the signal from the trans­
ducer was bipolar consisting of an initial compressive peak 
followed by a rarefaction component. This, as discussed in 
Chapter 4 (Section 4.3.2) is attributable to rapid heating 
and thermal expansion of the unconstrained surface of the 
sample ie, characteristic thermoelastic response. As the
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fluence was raised the negative going (rarefaction) component 
became weaker, such that at between •8“2Jcm- 2 the signal 
became purely compressive. This behaviour is a result of the 
increasing compressive component generated by momentum 
transfer from the ablation products.

100 ns

100 ns
Fig. 7.11 - Acoustic transition detected for HF 

irradiated of bovine cornea in air 
(a) 1.8Jcm-2, (b) 2Jem-2 ,

At high fluence (eg.2Jcn,-i Fig. 7.1lb) the acoustic transient 
had a duration of about 100ns (FWHM) which is considerably 
shorter than the HF laser pulse (2400ns FWHM).
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Fluence (J cm-2)

Fig. 7.12 - Peak stress deduced from the photo­
acoustic transducer as a function of 
fluence for HF laser ablation of 
cornea in air.

The peak voltage from the transducer was used to 
determine the stress amplitude at the surface assuming plane 
wave propagation between the sample surface and transducer 
(Chapter 4). This as discussed in section 7.2.2 is only 
marginally valid for the spot size used in these experiments. 
The compressive stress amplitude as a function of fluence is 
shown in Fig. 7.12 where it can be seen that measurable 
stress signals begin in the range 0.5-lJcm-2. This coincides 
with the onset of ablation threshold of 20.5Jcm-2 determined 
by removal rate measurements (Fig. 7.3). It is difficult to 
ascertain the ablation threshold from these measurements, 
however, because as noted above in the lower fluence range 
both thermoelastic and ablative components both contribute to 
the signal. It is apparent from Fig. 7.12 that the stress
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increases quite slowly below 5Jcm-? but beyond ~10Jcm~2 
increases sharply reaching 2?5MPa at 2 5Jcm-2. This behaviour 
is consistent with results obtained with excimer and other 
lasers which have shown that ablation generates large 
transient pressures at the irradiated surface.

It must be noted that in these experiments the attenua­
tion coefficient of tissue cannot be determined by plotting 
the logarithm of the amplitude versus time using the early 
stages of the compressive curve, since the laser pulse 
duration (400ns) is very much larger than that of the sound 
transit time in the absorption zone.

7.2.2 - Fibre - cornea - saline
The experimental arrangement shown in Fig. 7.13 is 

basically the same as that described in Chapter 4 (Section 
4.3.2) for the excimer (KrF) laser except that in this case a 
1 5cm long fluoride glass fibre was used to deliver the beam 

to target.
Measurements of the transient pressure pulse accompany­

ing ablation for the contacted fibre (d=0) in saline were 
made for a 2 300jj.m thick section of cornea mounted on the 
PVDF transducer. The transducer output signal shown in Fig. 
7.14 for an output fluence of 2.5 Jem-? exhibited a fast rise 
time (280ns), a duration of about 200ns (FWHM) and some 
ringing following the main pulse. The oscilloscope trace was 
triggered by the laser pulse using an IR photodiode and it 
was observed that the delay between pulses decreased as the 
fluence was raised. This delay has a fixed component set by 
the acoustic transit time in the sample (neglecting shock 
effects) and a component that depends on when ablation
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commences during the laser pulse. It can thus be deduced that

Fig. 7.14 - Transient pressure pulse produced by
ablation of cornea with contacted fibre 
in saline (22.5cm-2). The start of the 
trace is triggered by the HF laser pulse.

The peak output voltage from the PVDF transducer can be 
converted to a corresponding normal force (9) and hence to a 
pressure if the area of influence of the acoustic pulse can 
be defined. For this purpose it is assumed that a plane 
acoustic wave propagates between the tissue surface and 
transducer and the area is taken as that of the fibre area. 
It should be noted, however, that this is a relatively poor 
assumption in the present case because the transducer lies 
beyond the near field range, Z r . This is given by (9)

Zr = a V \  7 . 6

where a is the fibre core radius and X  is the characteristic 
acoustic wavelength generated in the interaction. Taking a = 
2 4 0pm, X 1 2cAt where t is the width of the pressure pulse 
(Fig. 7.14) and c the sound speed for bulk longitudinal waves 
in the tissue (C~ 1500ms-l), ZR ~ 100pm. This is considerably
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smaller than the tissue sample thickness (~300|im) so that 
significant 'edge' effect will occur ie, three dimentional 
expansion effects cannot strictly be neglected. This 
transition to nonplanar propagation may explain why a 
rarefaction component develops on the pressure pulse.

In spite of this limitation pressure amplitudes were 
calculated assuming plane wave propagation and the resulting 
pressure derived in this way is shown in Fig. 7.15 as a 
function of fluence. It is clear that large stresses are 
generated for the contacted fibre geometry, values exceeding 
lOOMPa being recorded for output fluences above ~ 7 Jcm-2. On 
longer timescales than shown in Fig. 7.14 the transducer 
output exhibited complex voltage oscillations, probably 
mainly arising from acoustic reflections at the many near- 
lying interfaces in the liquid cell. The photoacoustic 
measurements made for the fibre contacted (d=0) to the tissue 
surface show that detectable pressures occur for output 
fluences from the fibre exceeding about 0.9Jcm-2 and that the
peak pressure increases steadily above this value (Fig. 
7.15). This thereshold for detecting pressure pulses is 
higher than in air (Section 7 .2 .1 ) which is surprising given 
that saline would be expected to impede the expansion of 
ablation products and sustain pressures for longer durations. 
Differences in tissue state may explain this. For example in 
air dehydration of the surface region particularly when a 
large number of laser pulses is used could be influential. In 
saline, however, hydration would be maintained.

An estimate of the peak pressure generated under these 
conditions can be made as follows: it is assumed that
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ablation commences at that time, ta, during the pulse when 
the net fluence delivered to the surface reaches the 
threshold value and that the ablation products expand by 
compressing the tissue surface but not the fibre, if, as a 
result of ablation, a layer of material of thickness Ax is 
converted to an ideal gas, the pressure P is found using,

P = (Y * 1) AF/Ax 7 . 7

where 7 is the ratio of specific heats (4/3), and A f is the 
fluence delivered to the layer on the characteristic time- 
scale A  7, for pressure release to occur by expansion, A t is 
estimated as,

Ax = Ax/u = Axpc/P
7.8

where u is the expansion rate of the gas cavity given by the 
local particle velocity produced in the confining tissue by 
the passage of a plane acoustic wave of pressure P, (shock 
effects are neglected and it is assumed that the fibre is 
incompressible). Then using F * I(ta)AT, where I(ta), is the 
laser irradiance at ta, we obtain from equations (7 .7 ) and 
(7.8):

p = [pcl(ta)(y . i) ] i
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Fig. 7.15 - Peak stress deduced from the photo- 
acoustlc transducer as a function 
of fluence for HF laser ablation of 
bovine cornea at d* 0 in saline.

It is implicitly assumed in deriving equation (7.9) that the 
peak pressure occurs at the inception of ablation. This is 
reasonable if the laser irradiance satisfies KI(t,) for 
t>t., making the expression applicable to fast rising but 
finite duration (and monotonically decreasing) laser pulses.

A similar expression has been used by Zweig and Deutsch 
(1 0 ) to describe pressures generated in the exclmer laser 
ablation of polyimide in a liquid environment. In that case 
provided ablation commences at a fixed time near the peak of 
the laser pulse, the pressure scale as (F/ 7 /^where F Is 
the fluence and 7 the pulse duration, m  the present exper­
iments using a fast rise-time but relatively long duration 
laser pulse (;900ns full duration) the pressure-fluence
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dependence is anticipated to be more complicated than F . 
This is because for fluences near to but exceeding the 
threshold, ablation will commence near the end of the pulse 
producing low pressure because I(ta) is low. However, as the 
fluence is raised ablation will progressively occur at 
earlier times in the pulse leading to an increase in pressure 
that depends not only on fluence but the detailed shape of 
the laser pulse. Ultimately at high fluence ablation will 
occur at a fixed time near the peak of the laser pulse and 
the pressure will exhibit an F dependence (10). This 
behaviour at least qualitatively can be used to explain the 
form of the variation observed in Fig. 7.15 where the 
pressure increases quite rapidly with fluence near threshold 
but starts to level out at high fluences. The fast rising 
form of the pressure transient (Fig. 7.14) and observation 
that the appearance of the pressure pulse moves to earlier 
times with increasing fluence also provides qualitative 
support for the model.

The peak pressures predicted using equation 7.3 are in
broad agreement with the experimental findings; for example,
at 5.5 Jem-2, assuming ablation occurs near the peak of the

s
laser pulse, a calculated value of P=1.8xl0 Pa, is obtained 
using7.2 1.16 (1°) compared with a measured value of

78.5x10 Pa. Given that there is likely to be amplitude loss 
due to acoustic attenuation and beam expansion over the 
~300jim tissue path between the tissue surface and transducer 
and that the model neglects fibre compression this agreement 
can be taken as satisfactory. The acoustic energy radiated 
into the tissue during the initial high pressure phase of the
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cavity expansion can be estimated as,

— P2AAt/pc 7.10
where A is the fibre core. At is the duration and P is the
peak pressure respectively of the pressure pulse. At 5.5Jem- 2

7
where P28.5xl0 Pa and At~200ns this corresponds to about 
170jiJ so that only a small fraction (~2%) of the input energy 
is converted to sound in the early phase of the expansion.
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7 . 3  - Ablation of organic polymers using fibre delivered 
HF laser

Although there is considerable interest in infrared 
laser ablation of polymers no work using the pulsed HF laser 
appears to have been reported. Efforts have mainly 
concentrated on 9-lOjim CO2 devices which, under optimized 
conditions, can produce well defined etch crater but are not 
fibre deliverable. As many applications require small holes 
(order of few hundred microns) to be drilled in polymers the 
possibility of using the fibre delivered HF laser for this 
purpose was investigated.

Ablation experiments using the fibre delivered HF laser 
were carried out on two polymer systems - a polyimide (Upilex 
S and R type ICI Pic) and polyethylene terephthalate (PET). 
The experimental arrangement and procedure was as described 
for the ablation of cornea in air in section 7.1.1.

A feature of most polymers in the 2.6-3jim spectral 
region of the HF laser is relatively low absorption compared 
with either the mid to deep UV or long wavelength infrared 
(~10pm) regions. This is illustrated by the infrared trans­
mission spectra for thin Upilex films recorded using a 
spectrophotometer shown in Fig. 7.16. For R and S type Upilex 
the largest absorption between 2.6-3|im occurs at 3470cm-1 (ie 
2 .88jim) where the absorption coefficients are Q£=160cm-i, and

230cm- 1  r e s p e c t iv e ly .

AS abso rp tio n  v a r ie s  s ig n if ic a n t ly  over the range of 

em ission  wavelengths of the HP U s e r  ( F ig .  7 . 1 6 ) ,  tra n sm iss ­

io n  measurements were a ls o  c a r r ie d  out on t h in  f ilm s  a t  low 

flu e n ce  u sin g  the la s e r  to g a in  a s u it a b ly  weighted va lu e  fo r
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Of. The energy transmission, E t , was measured using a pyro­
electric joulemeter and a  found using

2 -Of t
E t - (1"R) e 7 . 1 1

where t is the film thickness and R25% the film reflection 
loss. In this way a was found to be ~lllcm-i and 183cm-* for 
R and S Upilex.

A noticable feature of etching these polymers with the 
HF laser was that a significant incubation delay occured 
before significant material removal was observed. This 
'incubation' refers to the need to expose the surface to 
several pulses before ablation would commence. For example, 
for S-type Upilex 5 pulses were required at 5Jem* 2 before 
material removal was detected and for R-type this increased 
to about 1 2 pulses (Fig. 7.17a). Consequently a determination 
of the etch rate - fluence dependence could only meaningfully 
be made by averaging over a large number of pulses. In this 
way the data in Fig. 7.18 were obtained, yielding estimated 
threshold fluences of lJcm-2 for S-type and 2Jcm~2 for R-type 
Upilex films.

If the initial slope of the etch rate curves is used to 
derive an effective absorption coefficient a using equation

4 t7.4 then the values are 2x10 cm-i and 3.6x10 cm-i for S and R 
type films respectively. In both cases this is much higher 
than the small-signal absorption coefficient and suggests 
that enhancement of the polymer absorption coefficent by 
repeated irradiation is responsible for the incubation effect 
(4,11).
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Fig. 7.17 - (a) Etch depth and (b) Average etch 
depth per pulse for Upilex films as 
a function of pulse number. Output 
fluence of 5Jcm-2 contacted fibre 
in air using HF laser.
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Fig. 7.18 - Ablation rate for polyimide films 
as a function of fluence for fibre 
delivered HF laser in air.

As photochemical processes are unlikely to be significant for 
the low photon energy HF laser (0.47-0.41eV in the range of 
2 .6 -3pn) it is presumed that this modification is associated 
with repeated heating of the polymer in the initial exposures.

An estimate of the surface temperature of the films at 
the threshold fluence F t can be found using equation 7.5 with 
F = F t  andOi = ci . For R - Upilex with R ~ 5Sfe, c = l.ljg-ic-i, 
P= 1 .3 9gcm_ 3 * Oi = lllcm-i then T F ~ 430K; likewise for S -
Upilex with « ; s s ,  C = 1.13Jg-i C-l, P= 1.47gcm-3, <* = 183 
c m - K  F t = lJcn.-* then TP ; 398K, These temperatures are well 
below those at which significant thermal decomposition occurs 
(174BK, ICI data sheet for Upilex) so that simple heating of 
the bulk polymer cannot explain the onset of damage and
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material removal at these fluences. It should also be noted 
that accumulative heating was not important because of the 
low pulse repetition rate (0.2Hz) of the HF laser.

A plausible explanation for the 'incubation' effect and 
ultimate transition to a material removal regime can be found 
in terms of a model proposed by Butenin and Kogan (12, 13) to 
account for damage in transparent polymers. The mechanism of 
such damage is related to presence of opaque microinclusions 
(<< 1pm diameter) which are distributed throughout the 
material. When a laser pulse at relatively high irradiance 
interacts with such materials some of its energy is absorbed 
by these microinclusions which are heated to much greater 
temperatures than the bulk (essentially transparent) polymer. 
Associated temperature rise of the polymer adjacent to the 
embeded particle is sufficient to initiate local pyrolysis 
and degradation producing a carbonized layer (12/ 13) which 
effectively increases the particle absorption cross-section.- 
Eepeated irradiation thus causes an increasing temperature 
rise, further enlarging the effective particle size and 
finally damage occurs under the influence of the pressure of 
the gaseous products of the pyrolysis of the polymer in the 
vicinity of the absorbing microparticles.

In steady state conditions the temperature rise Tg at 
the surface of an opaque, spherical microparticle of radius 
r, embeded in a material (polymer) of thermal conductivity K 
is (12):

Ts O '1

4xKr 7.12

Here O - TIT* is the particle cross-section and I the laser
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irradiance. The steady state is reached on timescales of
T~r2/k where k is the thermal diffusivity of the polymer.

Even for the relatively short pulse duration of the HF laser
near steady state conditions could prevail making equation
7.12 applicable to this case eg. for a 0.1pm particle, 7 ~60ns
compared with 400ns (FWHM) for the laser pulse. For submicron
size particles and modest irradiance levels, T, is large and
sufficient to initiate local pyrolysis. For example for a

6400ns HF laser pulse at lJcm-2, I ~ 2.5x10 Wcm-2 and for,
- 1 0 - 3

r * 0 .1pm, 0 0 3.14x10 cm2 and K = 1.6x10 cm2s-i (Upilex), T* 
is found from equation 7.12 to be 2*200K. Even for particles 
as small as O.Oljim Ts is found to be 688K, which is probably 
high enough to initiate pyrolsis and associated carbonization. 
This process will be 'avalanche-like* as a result of the 
effective growth of 0 (~r2) which increase Ts (equation 7.2), 
further increasing a as a result of extended carbonization 
and so on. This mechanism would appear to produce a plausible 
explanation of polymer ablation with the HF laser, submicron 
carbon particles present in the polymer as impurities being 
the most likely origin of the initial absorbing centres.

SEM's of the irradiated surface are shown in Figs. 7 . 1 9  

for R-type Upilex where it can be seen (Fig. 7.19a) that 
single pulse exposure at 5<Jcm~2 leads to a smoothly raised 
topography with no apparent material removal having taken 
place. An example of similar but more extensive surface 
deformation is shown in Fig. 7.19b for exposure at lower 
fluence of 2 .5Jcm-2 for 60 pulses. The material appears to 
have bubbled in small parts of the irradiated zone and in 
some cases ‘blow-holes' in the raised region appear. This
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Fig. 7.19 - SEM of polyimide (R-Type) polymer 
irradiated in air with HF laser at 
(a) 5Jcm-2, 1 pulse and (b) 2.5Jcm~2i 
60 pulses.



would be consistent with escape of volatile ablation products 
from the subsurface region of the film. There is very small 
depression of the entire irradiated surface as delineated by 
the circular zone in Fig. 7.19b.

Irradiating the S-type Upilex at 5Jcm~? with 5 pulses 
produced no clearly defined etched zone (Fig. 7.20a) whereas 
after 24 pulses a distinct crater could be observed which was 
very shallow and exhibited similar bubbling to that in Fig. 
7.19b for the R-type film. When the fluence was raised to 
7.5Jcm-2 significant material removal in the form of a 
peeled-back layer of the surface (Fig. 7.20c,d) was apparent. 
The margins of the etched site were not cleanly defined, 
however, as the folded material remained attached to the 
boundary. For PET only SEM photographs were obtained; in this 
case both direct and fibre delivered irradiation with the HF 
laser led to the formation of holes in the film (Fig. 7.21 a 
and b) by a process that appeared to be mainly a result of 
local melting rather than substantial ablation (14). This is 
probably a result of raising the oriented semicrystalline 
polymer to above its melting temperature and subsequent 
movement of the melt region to the boundary due to both 
surface tension and intrisic stress in the oriented film (12- 
15).

The main differences between the interaction of the HF 
laser and the UV excimer or CO2 laser with these polymer 
films can be attributed to the large differences in absorp­
tion coefficients involved. As noted above, the HF laser 
wavelengths are only weakly absorbed leading to a relatively 
small temperature rise throughout the bulk of the film. In
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the case of Upelix the main removal mechanism appears to be 
due to the subsurface generation of degradation products 
presumably associated with particle mediated thermolysis of 
the polymers which ultimately generate sufficient pressure to 
cause delamination of relatively thick layer. This contrasts 
with results for the excimer laser or strongly absorbed C02 
laser transitions where material is removed from the surface 
in the form of low mass species ranging from diatomic species 
to microparticles (1 6 ). For PET irradiated using the HF 
laser, only SEM evaluation was carried out and the extent of 
true material removal is difficult to gauge because of 
melting effects.

In both cases it is difficult to analyse the behaviour 
within the framework of previous ablation models for polymers 
because of the significantly different interaction mechanisms 
that are apparently involved with these weak absorbers. These 
preliminary experiments indicate that whilst the fibre 
delivered HF laser can produce holes in polyimide and PET 
polymers the quality is much poorer than with excimer or C02 
laser (16,17). This is attributable to the weak absorption in 
the near IR (2.6-3jim) region.
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a

b

Fig. 7.20 - SEM of polyimide (S-Type) polymer 
irradiated in air with HF laser at 
(a) 5Jcm-2, 5 puise, (b) 5Jcm-2,
50 puises, (c,d) 7.5Jcm~2, 24 puises.
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Fig. 7.21 - SEM of PET irradiated in air (a)
without fibre at 73Jcm-2, 1 pulse,
(b) with fibre at 3.5Jcm-2, 15 pulses.



7.4 - Discussion

In summary, the possibility of delivering submicrosecond 
HF laser pulses using a fluoride glass fibre at sufficiently 
high fluences to ablate soft tissue enhances the attractive­
ness of this laser for medical applications. High quality 
fibre delivered HF ablation of tissue in air and saline were 
obtained, and damage range found to be larger than e 1 depth 
in saline. Bubble formation and acoustic effects on tissue 
are discussed in detail in Chapter 8. Upilex polymers were 
ablated but with poorer quality than excimer and C02 lasers 
and significant etching only began at fluences close to upper 
limit of fibre output fluences. Removing the optical fibre 
can overcome some of the problems regarding the deposition of 
higher laser energy but the quality of ablation need further
investigations.
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Chapter 8
Shadowgraphic studies of HF laser-induced optical cavitation 

with fibres

8.1 - Introduction
Studies of pulsed multiline HF laser transmission in a 

fluoride glass fibre and ablation of cornea in air and saline 
were discussed in chapters 6 and 7. Lin et al (1) have 
recently shown that when ablation of tissue with 2,9pm 
Er:YAG laser is carried out in saline, bubble growth is 
initiated at the fibre tip because of the strong absorption 
in water which leads to the creation of a hot, high pressure 
vapour cavity. These 'optical cavitation' bubbles exhibit 
complex dynamics and can act as transmissive cavities that 
greatly extend the effective beam penetration range for 
relatively longi'pulse IR lasers (1-4) ie, comparable to the 
bubble growth time. Even in the absence of this effect, as 
the case with the short HF laser pulses used here, optical 
cavitation leads to energy being transported well beyond the 
laser beam penetration depth as a direct result of the bubble 
expansion following the pulse and large amplitude acoustic 
waves associated with bubble formation and decay. This may be 
advantageous in circumstances where it is desirable to 
achieve tissue modification or removal when a liquid layer 
intervenes and strongly attenuates the laser beam between the 
fibre tip and sample. However, such effects are undesirable 
under conditions where it is necessary to localize the 
interaction so as to minimize adjacent tissue damage (1) eg. 
in ophthalmic surgery when membranes are to be cut in the 
vicinity of the retina which is extremely sensitive to
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damage.
In this chapter quantitative studies of the dynamics of 

bubbles produced by the HF laser at the tip of a fluoride 
glass fibre in saline are reported. Bubble growth and decay 
is observed using nanosecond dye laser shadowgraphy and the 
temporal evolution of bubbles compared with a theoretical 
model for spherical cavity growth in an incompressible 
liquid. The HF laser provides a well defined single pulse 
output of 2400ns' considerably shorter than these used in 
previous studies of this effect with fibre delivered IR laser 

( 1 ) .
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8.2 - Experimental
The pulsed multiline (2.6-3p\) HF laser was coupled into 

a short length (150mm) of fluoride glass fibre (480pm core 
diameter). The fibre carried the 300ns (FWHM) HF laser pulse 
into a small saline bath via a sealed bushing in the wall of 
the vessel (Fig. 8.1). Fast photograpic recording of bubbles 
produced in the vicinity of the fibre tip was implemented 
using the laser shadowgraph technique (4-6). This used the 
output from a fibre-delivered Nz-pumped dye laser suitably 
expanded to provide a 10mm diameter collimated beam travers­
ing the liquid cell transverse to the fibre. The dye laser 
was pumped in a transverse focusing geometry and produced a 
few hundred microjoules of output for Rhodomine 6G with a 
grating tuned resonator. For these studies the wavelength was 
set to about 573nm, as measured using a Bentham Instruments 
monochromator. The emission pulse was recorded using a solid 
state photodiode, and as shown in Fig. 8.2, the pulse durat­
ion was 2.4ns (FWHM). A Polaroid camera was used to record the 
magnified (X 2.1) image of the laser illuminated fibre. An 
electronic pulse delay generator was used to trigger the HF 
laser and, after a variable time delay, the dye laser 
allowing a sequence of short time exposure pictures of the 
bubble to be built up. The time delay between the HF and dye 
laser pulses was measured for each exposure by recording 
their outputs using an InAs IR photodiode and silicon photo­
diode respectively and displaying these on a storage oscillo­

scope (Fig. 8.3).
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Fig. 8.1 - Experimental arrangement for shadowgraphy.



Fig. 8.2 - Emission pulse of N 2-pumped dye laser 
(573nm Rhodamine 6G).

Fig. 8*3 “ An example of time delay measurement, 
showing HF and dye laser pulses.



8.3 - Results and analysis
Shadowgraphs were recorded at various delay times with 

respect to HF laser pulse for several output fluences from 
the fibre and for various fibre-tissue sample geometries. 
Figs. 8.4 (a-c) show a sequence of photographs obtained at a 
fibre output fluences of 1, 2.5 and 5.5Jem*2 respectively for 
the simplest configuration ie free saline and no tissue 
sample. Table 8.1 shows the maximum bubble diameter d*»* 
transverse to the fibre axis and the distance x between the 
fibre tip and the front surface of the bubble for these 
fluences together with corresponding delay times dt.

Fo (Jem-2) dt (p) d*ax (mm) x (mm)

1 30 1.1 0.52

2.5 80 2.4 1.84
5.5 100 3.4 1.84

Table 8.1 - Values of maximum bubble diam«-«-®». j 

tip at different fluences.
It is evident from these photographs that a vapour bubble

expands from the fibre tip so as to form a c a v it y  th a t  i ,

initially approximately spherical but somewhat flattened 
towards the fibre side. At a given fluenc. the bubble reaches 
a maximum diameter transverse to the fibre and then collapses 
producing a distinctly non-spherical cavity beyond ~ 40, 100
and 15 0ps at 1 , 2.5 and 5.5Jem-2 respectively. At iJcm-i the
bubble ultimately collapses at the fibre tip whereas at 2 .5 
and 5 .5Jem - 2 the bubble moves away from the fibre tip at 
velocity of n o ’mms-. for the front of the bubble. At I  
distance of about 3mm from the fibre tip close inspection of
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40 50 60
Fig. 8.4 - Sequence of bubble shadowgraphs obtained 

for fibre-delivered HF laser pulse at 
output fluences of (a) 1, (b) 2.5,
(c) 5.5Jcm~ 2.
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frames 11 and 12 in Fig. 8.4 (b,c) reveal that the bubble 
apparently breaks up, forming many smaller diameter bubbles. 
A similar behaviour has been reported by Lin et al (1) for a 
multiple pulse Er:YAG laser delivered using a fibre in 
saline.

0 50 100 150 200 250 300 350

Delay Time (|j s )
Fig. 8.5 - Bubble radius as a function of time for

output fluences from the fibre of 1, 2.5, 
5.5Jcm-2. The broken lines are fits to 
the data to guide the eye. The solid line 
is the calculated bubble radius suitably 
scaled to have the same maximum radius 
as the experimental value at 5.5Jcm~2.

Figure 8.5 plots the transverse radius of the bubble as 
function of time for fibre output fluences of 1, 2.5 and

5 5Jcm-2. In each case the bubble reaches a maximum size and 
then collapses; the maximum bubble size and the time scale 
for growth and collapse decrease as the fluence decreases.

The bubbles in each example appeared to become unstable in
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the final stage of collapse, dissipating through the 
generation of minute bubbles. The threshold output fluence 
for the onset of an observable vapour cavity using the 
shadowgraph technique was found to be about 0.6Jcm-2; however, 
only for fluences exceeding about 2Jcm-2 did bubbles detach 
from the fibre tip and gain a significant forward velocity 
component as evident in Fig. 8.4 b and c.

Fig. 8.6 shows the plot of distance x between front 
surface of the bubble and the fibre tip for fluences of 1,
2.5 and 5.5Jcm-2. The solid line shows where the bubble 
whether in expanding or collapsing phase is still attached to 
the fibre tip and the broken line where it detaches and moves 
in a forward direction. It was observed that at high fluences 
the interaction of the HF laser pulse with saline and the 
fibre tip caused many droplets scattered above the container 
which can distinctly be seen in Fig. 8.7. The fibre was 
positioned just below the surface of liquid and when the 
height of liquid above the fibre exceeded 1cm no such drop­

lets were observed.
Shadowgraphs recorded for the fibre i„ i„tlmate eontact 

with cornea sample in saline are shown in Fig. 8.8. At 
4 .5Jem- 2 after a iO,is delay small hemispherical cavity has 
already developed around the fibre tip as a result of the 
ablation products being forced between the core and lacket 
region of the fibre face into the surrounding liquid. This 
hemispherical expansion continues up to about 250us and then 
collapse occurs, the bubble ultimately disappearing at

~4 0 0 p s . Fo r fluences exceeding ; 5Jcm -2 w ith the contacted

fibre, stress levels associated with cavitation were
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Delay Time (/j s )
Fig. 8.6 - Distance x between front surface of the bubble 

and the fibre tip at various delay time and 
different output fluences.



Fig. 8.7 - Demonstration of HF laser-induced droplets 
in saline which are scattered above the 
vessel. The fibre was positioned just below 
the surface of liquid.



150 250

300 400
Fig. 8.8 _ Shadowgraphs of fibre delivered HF laser in 

saline with fibre touching the cornea 
surface, Fo^4 • 5Jcnr 2 .



100 Jx s 300

400 480
Fig. 8.9a - Bubble sequence for fibre in saline 

with tip positioned 2.5mm from a 
cornea sample, F0~5Jcm~2.



100 yis 200

300 400

500
Fig. 8.9b - Bubble sequence for fibre in saline 

with tip positioned 2.5mm from a 
cornea sample, F 0~8Jcnr 2.



24C 380

430 550
Fig. 8.10 - Bubble sequence for fibre in saline 

with tip positioned 2mm from a retina sample, F024.5Jcnr2.



sufficiently large to cause fracture and breakup of the 
acrylate jacket of the fibre in the vicinity of its tip. This 
effect was not observed for ablation in air (Section 7.2.1).

Figs. 8.9 (a,b) show the sequence of shadowgraphs for 
the fibre operating at output fluences of 5 and 8Jcm-2 with 
its tip located 2.5mm away from a cornea sample. Notable in 
these sequences are the (i) apparent 'jetting' behaviour of 
the cavity at ~300jis in frame B of Fig. 8.9a and its subsequ­
ent rexpansion and then collapse at times of 400ps and 480jis 
respectively, (ii) deformation of the cavity front surface 
beyond lOOps at high fluence as illustrated by frames B and C 
in Fig. 8.9b. The method of preparation and holding the 
retina sample during the experiment was discussed in Chapter
7. However, it must be mentioned that the retina was damaged 
much easier than cornea even at greater distances eg. 2mm 
from the fibre tip, Fig. 8.10.

The dynamics of laser-induced cavitation have been 
extensively studied and analysed for cases where a focused 
laser produces spherical bubbles either in free liquid or 
liquid in the vicinity of a plane solid or air boundary (7- 
12). For cavitation initiated by a fibre-delivered laser the 
situation is more complicated because ashperical growth is 
promoted by the planar geometry of the initial vapour cavity 
formed at the fibre tip and by the perturbing influence of 
the fibre during 'bubble' growth. This is evident from Fig.
8.4 where the vapour bubble is observed to be somewhat 
flattened in the direction parallel to the fibre axis. Given 
the lack of a readily applicable theory for aspherical growth 
an analysis based on a spherical cavity model is retained
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here by assuming that is justifiable to define an equivalent 
spherical radius for the bubble, in Fig. 8.5 the bubble 
radius (transverse to the fibre axis) - time plot is seen to 
be approximately symmetrical and is similar to the behaviour 
observed for the growth and collapse of spherical bubble 
(11,13). The characteristic collapse (and growth) time for 
gas filled spherical bubble is given by (11).

t = 0.91 Rm (p/P0)i [1 + Pf/P0] 8.1

where Rm is the maximum bubble radius, P is the liquid
density, P0 is the liquid pressure (atmospheric pressure as
hydrostatic contribution from the liquid is negligible) and
Pf is the pressure in the fully expanded bubble. Estimates

-  2
discussed below show Pf/P0<2.7x10 so that g* is very close
to that for collapse of an empty cavity ie. with Pf=o.

At an output fluence of 5.5Jcm-2 a value of 7 « lOOus is
s

obtained from Fig. 8.5 so that with P0 = 10 Pa, Ra is calcul­
ated from equation 8.1 to be 1.1mm compared with ra ~ 1.7mm
for the measured maximum transverse radius of the bubble. On 
this basis the effective radius is substantially lower than 
rB which is not unreasonable given that the bubble is a 
flattened sphere into which the fibre protrudes. In addition, 
volume may be lost due to liquid that penetrates into the 
axial regions of the bubble but is not detected in the 
shadowgraph which only delineates the cavity boundary.

The growth of a spherical vapour cavity can be described 
by the following equation which can be derived from energy 
considerations (14).

284



8.2
3 (Y-l)

Here R is the radius of the cavity, R the corresponding wall 
velocity. At t=0, the cavity velocity satisfies R=0, R=Ri and 
the vapour pressure is Pi. It is assumed that in the 
subsequent expansion the vapour obeys an ideal adiabatic gas

7law of the form PV = constant where y Z 4/3 is the ratio of
specific heats.

In deriving equation 8.2 it is assumed that surface 
tension and viscous effects are negligible and that the 
liquid is incompressible. The assumption of incompressibility 
leads to the cavity wall velocity being zero at t=0 and only 
increasing slowly with time at early stages of the expansion. 
This follows because the corresponding acoustic velocity in 
the liquid is infinite in this approximation and the gas 
cavity can not accelerate a finite mass of liquid instantan­
eously. Whilst this treatment is adequate for analysing the 
long-term expansion and contraction phase of bubbles it is 
necessary to take compressibility into account when 
estimating acoustic pressure levels produced in the initial 
stages of the laser interaction.

To evaluate equation 8.2 a value of Pi » 8.5xlO?Pa is 
used, based on the peak stress estimated from measurements 
using the photoacoustic transmission at 5.5Jcnr* (Fig. 7 . 1 4  

Chapter 7). The liquid pressure taken as P0 = loVa. The res­
ulting variation in velocity with radius is shown in

1 / 2,
Fig* 8*11/ where (3P/2P<>) R is plotted as a function of 
R/Ri. In this case the maximum expansion ratio is R»/Ri »
13.3 which with R. - 1.1mm gives Rt » 8.2xl0~2mm for the
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Fig. 8.11 - Normalized velocity of bubble; for initial
-2

radius Ri = 8.2x10 mm, the initial
7

pressure Pi = 8.5x10 Pa, 7 = 1.33 and
5

P0= 10 Pa. In the shaded region the 
liquid accelerates the wall of the 
vapour cavity.



radius of the initial (equivalent) spherical cavity. Assuming 
no dissolved air enters from the liquid, the pressure Pf, in 
the fully expanded cavity can be estimated using Pf*Pi

3 7  3 -  2
(Ri/Ra) , to be 2.7x10 Pa. This corresponds to pf/P0»s2.7x10
indicating that the final pressure is substantially lower
than the local hydrostatic pressure. A corresponding R-t plot
derived by integrating equation 8.2 numerically is shown for
comparison with the experimental data obtained at 5.5Jcm-2 in

r

Fig. 8.5. The calculated value for R has been scaled by a 
factor of ra/Ra to normalise the data at the maximum radius 
allowing direct comparison with the transverse radius 
obtained experimentally. It can be seen that this equivalent 
spherical model gives surprisingly good agreement with the 
experimental results in the expansion phase, especially given 
the considerable simplifications involved. For the collapse 
the agreement is less good particularly beyond 2150ps* the 
time at which the bubble becomes aspherical and develops a 
significant forward velocity component (Fig. 8.4c). For 170 < 
t<300jis it remains approximately constant in its transverse 
width and acquires a distinctly non-spherical shape, ultimat­
ely fragmenting at t~300jis to produce many small bubbles.

The apparent instability of the cavity during the 
collapse phase is consistent with the onset of the Rayleigh- 
Taylor instability for a curved liquid-gas interface (13). 
Under these conditions boundary instability may occur when a 
dense fluid accelerates a less dense fluid (shaded region in 
Fig. 8.11) in contrast to a planar interface where the 
reverse applies. The bubble instability is presumably accent­
uated by the presence of the fibre and contrasts to laser
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induced cavities produced in a free liquid which can remain 
stable and undergo multiple expansion and contraction phases 
(14). It is also of interest that above some critical fluence 
the bubble develops a significant forward velocity component 
during the collapse phase, a feature that appears to be 
peculiar to cavitation produced at a fibre tip (l). This
d if f e r s  from c a v it ie s  produced near s o lid  boundaries of large

extent which are g e n e ra lly  observed to be a ttra c te d  towards 

the boundary ( 1 3 ) .  An understanding of t h is  behaviour I s  

la c k in g  a t  present and re q u ire s fu rth e r th e o re tic a l work.

At i t s  maximum ra d iu s  the v e lo c it y  of the bubble w all 

and hence of the liq u id  f a l l s  to zero and from the work done 

on the l iq u id  the p o te n tia l energy E , of the c a v it y  I s  found 

to  be:

Eo » 8.3
Assuming th a t the » .  I s  given by the e q u ivalen t sp h e ric a l 

r a d iu s  t h is  p o te n tia l energy i s  c a lc u la te d  to be EC 0.55mJ at  

an output fluence of S . H c r . when R. - i . ln,m . T M s  „  ^

lower than the energy of 9.9mJ d e liv e re d  to the liq u id  by the  

480um core diam eter f ib re  a t t h is  flu e n ce . s im ila r  f in d in g s  

have been reported by Teng et a l ( 15 )  „ho a ttr ib u te  t h is  to  

v a rio u s  lo sse s in  the expansion phase. The d e f ic i t ,  however, 

can la r g e ly  be accounted fo r  by the s u b s ta n tia l d i f f e r , » «  

in  enthalpy fo r water C 3 S 0 O J ,-» )  in  the (expanded) vapour 

and the l iq u id  phase, although there are sm all co n trib u tio n s  

due to heat conduction lo ss  to the f ib r e  t ip  and energy

ra d ia te d  as a co u stic  waves. The la t t e r  are  evaluated in  the  

fo llo w in g  s e c tio n s .
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Laser-1 icruld Interaction at fibre tip
Water exhibits strong absorption at the wavelengths 

emitted by the multiline HF laser and as a result energy is 
deposited in a very shallow region adjacent to the fibre tip 
(Chapter 7). For low fluences the heated depth, neglecting 
thermal conduction, is a -i 11.6pm where cl is the average

3
absorption coefficient for the multiline HF laser (16xl0cm“i). 
Heating will lead to thermoelastic stress being generated 
due to the water expanding and if the fluence is high enough

5

boiling can take place ie, if T>. 373K for P0 2 10 Pa. Under 
conditions where the characteristic laser pulse duration, 
Tl , is much longer than the timescale ( ac)-i, for an 

acoustic zone, the peak thermoelastic stress can be shown to

be

— f TIo/c 8.4

Here I 0 i s  the peak la s e r  irra d ia n c e , ~ o .l i a ^he 

G riineisen  constant fo r water and f< o .5  i s  a fa c to r th a t  

depends on the p re c ise  la s e r  pulse shape. For the present 

c o n d itio n s  estim ates g ive  f  = o . l  so th a t fo r I 0 < l o V m - * ,  

a t < 7x10  Pa, le ,  the th e rm o e la stic  s t r e s s  I s  r e la t iv e ly  

s m a ll. T h is  Is  because s t r e s s  r e la x a t io n  by the propagation  

o f an a c o u stic  wave a cro ss  the heated zone occurs on a 

tim e sc a le  C O .6 n s) th a t I s  much sm a lle r than T i  (~400ns). m  

p r in c ip le  b o ilin g  of the heated water la y e r  can take p lace  

once I t s  temperature exceeds -  373K under c o n d itio n s where 

th e  lo c a l pressure in  the l iq u id  1 ,  ~ lo ’ pa. However, because 

o f  the stro n g ly  nonequl1 Ibrlum  nature of the in te r a c t io n  we
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postulate that substantial superheating occurs ie, the 
temperature exceeds T(PV)=373K where P7 ^io'pa is the vapour 
pressure that exists under equilibrium conditions. This can 
be justified by noting that heat extraction by bubble growth 
from microscopic vapour pockets can only take place if the 
temperature and vapour pressure is sufficiently high to over­
come surface tension effects (16). in addition, even if 
bubble growth is initiated, the large difference in volume 
between the liquid and vapour below the critical point 
together with the finite bubble growth velocity will limit 
the maximum rate at which energy can be transferred to the 
vapour. If this falls below the rate at which energy is input 
from the laser then the liquid temperature will continue to 
increase ie, superheating occurs.

On this basis it can be argued that the liquid is heated
s

at approximately constant pressure (~10 Pa) to the critical 
temperature (Tc = 647K) at which point distinction between 
liquid and vapour is lost. The pressure then increases 
sharply and growth of a vapour cavity can take place. An 
estimate of the threshold fluence, Ft, for attaining the 
critical temperature can be obtained from:

F r a = A H v 8.5

where a' is the mass absorption coefficient of water for the 
multiline HF laser and A H v is the enthalpy difference 
between water at room temperature and the critical point 
(^OOOJg*1)* If Ct' ■ <2/p is assumed to be constant with a

3
value of approximately 6x10 cm^g-i derived from available 
room temperature data (17) suitably weighted for the laser
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spectrum, then Ft = 0.33Jcm-2. A correction to account for 
heat loss by conduction to the fibre tip can be estimated 

from:

Ff = SCTc-Tr)(4Dtl)! 8.6

where S ~ 3.7Jcm-3K-i is the mean volume heat capacity and D
-  32 1.8x10 cm^s-i is the mean thermal diffusivity of the

flouride glass fibre (18). This gives Ff20.07Jcm-2 and raises 
the threshold fluence to20.4Jcm-2. This is considerably 
lower than the fluence at which a detectable cavity is 
revealed by the shadowgraph technique, ie, around 0.6Jcm*2. 
It is noted, however, that this calculated 'threshold' 
corresponds to the attainment of the critical temperature at 
the water surface in contact with the fibre tip; 
substantially higher fluences are probably necessary to 
ablate a sufficiently large volume to produce bubble growth.
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8.4 - Discussion
The study of the behaviour of cavitation bubbles close 

to rigid boundaries is of particular importance because of 
the associated phenomenon of cavitation erosion which arises 
from the resulting changes in pressure in the surrounding 
liquid. Cavitation is a group of phenomena which are 
associated with the occurrence of voids or cavities in 
liquids, especially their formation, motion, and the 
physical, chemical and biological effects thereby produced. A 
cavity in a liquid (cavitation bubble) is any bounded volume 
in space being empty or containing vapour or gas with a 
defined physical boundary. A cavitation can be produced by 
different methods like hydrolic, acoustic and optical which 
can either be transient or stable.

Transient cavitation is associated with the rapid growth 
and collapse of a cavitation bubble over a short period of 
time, the collapse being so violent that bubble itself is 
destroyed. Furthermore, due to the rapid increase in 
magnitude of the bubble radius within an acoustic cycle, the 
cavity contents at maximum radius are mainly water vapour 
molecules. Stable cavitation, on the other hand, refers to 
the oscillation of a gas bubble in an acoustic field for 
several acoustic cycle. The oscillation may or may not be 
vilent, but the bubble remains a separate and distinct entity

(19).
The generation of sound by the absorption laser 

radiation in a liquid was first reported by Askaryan (20). 
The propagation of a high intensity of beam of light through 
a weak absorbing liquid exhibits dynamics such as dielectric
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breakdown and optical cavitation as well as photochemical 
reactions (21). The dielectric breakdown and plasma formation 
will in turn initiate a violent localized interaction with 
the production of spherical acoustic transients. An optical 
cavitation is then induced due to rapid breakdown and heating 
of a small volume of liquid around the focus of converging 
lens. Early investigation of shock-wave pressure with shadow­
graph and schlieren methods involved the use of ruby and Q- 
switched Nd:YAG lasers (22-26).

In the case of strongly absorbing liquids high energy 
deposition rates will lead to violent disruption of the 
liquid surface and the generation of shock waves in the gas 
above the surface and in the liquid. When the energy 
deposition is such that the temperature of the liquid does 
not reach the boiling point, the excitation of sound is due 
to the thermoelastic process which is associated with the 
thermal expansion of a rapidly heated volume of the medium. 
Efficient thermoelastic sound generation requires short laser 
pulses with duration in the nanoseconds. On the other hand, 
if the energy deposited in liquid is higher than vaporization 
threshold, escaping vapour gives rise to a reactive force in 
the liquid which usually exceeds the thermoelastic cavity and 
the formation of microbubbles. This has been shown by the 
interaction of a pulse from a TEA C02 laser with the free 
liquid surface such as water (27-31).

The application of shockwave effects on biomaterial can 
both be unwanted as in ophthalmology and desirable for 
example in urology (32-35) provided its use is optimized. The 
process of fragmentation of biliary and urinary calculi
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begins with the heating of the surface by absorbed laser 
light. Microscopic particles vaporized as blow-off material 
canal then form absorption sites in front of the stone and 
once a critical free-electron density is reached by laser- 
induced heating, either at the surface or at particles near 
the surface, a plasma forms. The plasma blocks further 
delivery of optical energy to the target by absorbing laser 
radiation through inverse bremsstrahlung. Finally, absorption 
of laser energy by the plasma results in rapid expansion and 
the generation of high pressure stress waves in the target 
and surrounding medium.

As is evident from Fig. 8.4 bubble growth is not fast 
enough to clear water between the fibre tip and sample at 
this range on the timescale of the laser pulse and the bubble 
cannot act as a transmissive cavity for the IR radiation 
(1,14). It can thus be deduced that this damage is not a 
direct result of laser photoablation. For the cornea the. 
damage range is much smaller (~250pm, Chapter 7) and this 
matter could not be determined from the shadowgraphs because 
of the small spatial scale involved so it is necessary to 
estimate from theoretical considerations whether water clears 
the intervening space. This is difficult because of the geo­
metry but if it is assumed that fluid compressibility defines 
the (initial) maximum flow velocity than in the plane wave 
approximation the clearance time is approximately a Pc/p

7
where a is the fibre core radius. For P ~ 8.5x10 Pa corres­
ponding to a fluence of 5.5Jcm~2 this gives 4ps which is 
significantly longer than the laser pulse. Thus, even for the 
small distances involved for cornea damage, water will likely
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remain in the vicinity of the fibre tip on the time-scale of 
the laser pulse and hence attenuate the beam and prevent it 
reaching the tissue surface. This conclusion is qualitatively 
supported by the morphology of the damaged surface which 
differs significantly from that produced by direct HF laser 
photoablation (Section 7.2.1). The appearance of the SEM for 
the non-contacted fibre (Fig. 7.10) suggests that damage has 
produced a separation of collagen fibrils of the stroma of 
the cornea. This may be the result of pressure waves that 
have disrupted the normal light packing of the fibrils. The 
loose fibrils have then moved forward to be above the surface 
of the tissue (this may be an artifact associated with tissue 

swelling).
It is thus reasonable to deduce for both cornea and 

retina that either impingment of the hot vapour cavity and 
associated jetting effects (Fig. 8.9a) or large amplitude 
acoustic waves are responsible for the long range damage. 
Given the relatively low energy content of acoustic waves 
generated in the initial expansion phase of the cavity 
(Chapter 7) and the lack of any clear mechanistic origin for 
•ablative' damage by such waves it is tentatively concluded 
that energy transferred to the surface by the cavitation 
bubble is the main source of this damage. It should be noted, 
however, that although acoustic waves may not be instrumental 
in removing significant levels of material from the surface 
they can be damaging to tissue cells over a relatively large 
range when ablation takes place in a confining liquid (36) as 

is the case here.
In terms of minimizing damage range associated with the
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cavitation bubble and associated acoustic transients it would 
be of interest to use smaller diameter fibre cores as, for 
example, have been used for Ho:YAG surgery (37). The maximum 
bubble diameter can be estimated from equation 8.3 as:

= (3Sa2F/4P0)i /j 8.7

where F is the fluence at the fibre tip and the fraction of 
energy that is available to support bubble growth which is 
estimated to be 2 in the present experiments. For a fixed

2 / 3

fluence, R„ varies as a so that the bubble range is reduced 
as the fibre core radius is decreased. In addition, the 
smaller effective acoustic source size would lead to a more 
rapid transition to three-dimensional acoustic wave expansion 
and hence sharper fall off in pressure with distance. Smaller 
fibres also have the advantage of improved flexibility and 
less suceptibility to breakage than the large diameters 
employed here. The penalty, however, would be lower tissue' 
volume removal rates although this could, in principle, be 
offset by the use of a high repetition rate laser which could 
operate at low energies because of the reduced energy input 

needed for the fibre.
Finally in an ’invivo' operation such as vitreous 

surgery or diabetic retinopathy using the pulsed IR laser, 
great care must be taken to avoid thermal damage of 
surrounding tissue caused by possible reflected beam as well 
as heat diffusion. Application of Fresnel's equations demon­
strate that significant laser reflection occurs at gas-fluid 
or fluid-gas interfaces, especially at high angles of 
incidence (Fig. 8.12). If photocoagulation must be performed
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across an interface, the surgeon should minimize the angle of 
incidence of the treatment beam, use a divergent beam, and 
consider the location and intensity of the reflected beam 
(38). For the 2-3jim wavelength laser in a saline environment 
beam attenuatiion in the liquid would reduce the danger from 
this effect.

Fig 8.12 - Laser beam reflection off a gas-fluid
meniscus in an eye of a supine patient(38).
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Chapter 9
Conclusions

In this thesis the possibility of optical fibre delivery 
of UV excimer and 2.3 - 3pn IR (HF) lasers under conditions 
suitable for the ablation of biological and organic materials 
was studied. Etch rate and photoacoustic measurements have 
been used to study the ablation process for both tissue and 
polymer samples. Wide bandwidth piezolectric transducers 
based on PVDF film enabled laser induced pressure transients 
to he investigated in tissue in both below and above 
threshold regimes. This method allows valuable information on 
the interaction to be obtained such as, for example, on the 
subthreshold laser attenuation coefficient in tissue (excimer 
lasers only) and the timescale and the magnitude of stress 
waves generated by the rapidly ablated material (excimer and 
HF lasers).

In Chapter 3 the experimental work was concerned with 
the coupling of UV radiation into different types of fused 
silica fibres and an investigation of their transmission 
properties for XeCl (308nm), KrF (248nm) and ArF (193nm) 
laser radiation. It was found as expected that the energy 
transmission decreased exponentially with increasing length 
of fibre. These losses are produced by absorption at 
impurities and defects and also by scattering. By far the 
best transmission was obtained for 308nm radiation using 
Superguide PCS rather than ordinary PCS fibre; this was shown

.  3
by the smaller distributed loss co-efficient of 1.4x10 cm-i

-  3
for Superguide PCS c o m p a r e d  w i t h  2x10 cm~i for o r d i n a r y  PCS. 
T h i s  improvement is a t t r i b u t e d  to the p u r e r  core material of
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•the former fibre. Likewise the lower transmission of HCN 
fibre compared with PCS fibres is due to its higher level of 
core impurities.

The variation of the energy transmission with length for 
Superguide 'G* fibre was studied with the 248nm laser at 
various fluences. A transmission of more than 90% at 85mJcm-2 
for a 15cm long fibre was achieved but as the fluence was 
increased to 460mJcm-2 and 2800mJcm*2 this decreased to just 
below 70% and 60%, respectively. This is mainly due to non­
linear absorption at the front surface of the fibre which 
results in increased end losses associated with coupling 
energy into and out of the fibre. Results obtained with the 
ArF laser showed there was a severe limitation on trans­
mission even at moderately low fluences. For example, the 
transmission of a 20cm Superguide PCS 600jim fibre was only 
about 50% at 60mJcm~2 and at 470mJcm-z the transmission 
dropped to about 5%. As a result fibre-delivered ArF laser is 
restricted to use at low fluences which limits its useful 
ablation studies to materials that exhibits a low ablation 
threshold. This is unfortunate as the ArF laser produces 
exceptionally clean and well defined incisions in many 
tissues which makes it attractive for surgical applications.

In chapter 4 these fibres were utilized to study the 
ablation of organic polymers such as PET and Kapton, and 
biological lens tissue. The etch rate measurements and 
photoacoustic results were used to derive effective absorp­
tion coefficients and thresholds fluences for ablation with 
the fibre delivered excimer lasers (Tables 4.1 and 4.2). SEM 
photographs were also used to evaluate the ablation sites
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produced with these lasers. It was found that highest etch 
rates were obtained using 308nm and the fibre tolerated much 
longer exposure compared with shorter wavelengths. The KrF 
(2 4 8nm) laser showed a relatively high transmission through 
Superguide ’G' fibre for ablation of tissue but was limited 
to low input fluences (eg. 1 2 Jcm-2). Very smooth incisions 
were obtained with the ArF laser but as noted above it was 
severely limited in terms of output fluence (<0.2Jcm-2) and 
fibre lifetime hence restricting its practical uses.

Since the carcinogenic effects of UV excimer lasers are 
not completely resolved much attention has recently been 
given to development and application of pulsed mid-IR lasers 
as alternative sources for tissue ablation. Wavelength in the 
2-3pn region where tissue, by virtue of its large water 
content, exhibits strong absorption are of particular 
interest. This is because the small absorption depth shown by 
analogy with the excimer lasers lead to very precise 
ablation. CO2 lasers provide an alternative source but the 
delivery fibre limits their usefulness. Although lasers such 
as Er:YAG and Ho:YAG have already extensively been used for 
different clinical applications these studies have been 
restricted to long pulse durations (250ps) which leads to a 
relatively large thermal damage zone. To pursue this idea a 
short pulse (400ns), multiwavelength (2.6-2.9)pm HF laser was 
constructed (Chapter 5) to see if similar quality of 
incisions to those with the excimer lasers could be achieved.

In Chapter 6 studies of the delivery of pulsed HF laser 
radiation through a fluoride glass fibre (~500|im core) were 
reported. The experiments showed that this type of optical
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fibre can be used to deliver the multiline HF laser at 
suitably high output fluences (<7Jcm-2) for ablation of 
tissues. The distributed attenuation was measured to be 0.15

t

+ 0.03m-1 (0.65dBm-1) which is close to but somewhat higher
than specified by the manufacturer for this wavelength region 
(ie. ~0. ldBm-1, ~2—3jim) . This higher value for the pulsed 
laser is probably a result of the high irradiance levels 
involved _>lMWcm-2 which enhance non-linear losses. The trans­
mission measurements also revealed that the laser input and 
output coupling losses to the fibre were fluence dependent. 
This was confirmed by the photoacoustic measurements which 
showed fibre end losses were fluence dependent and set a 
maximum useful input fluence of ~15Jcm-2. Separate experi­
ments showed that the full-angle for beam divergence from the 
fibre was ~140mrad which is essentially identical to the 
range of input angles for the optical arrangement used (ie. 
~140mrad for an effective aperture ratio of 7).

It has been demonstrated in Chapter 7 that ophthalmic 
tissues (eg. bovine cornea, lens and retina) can be ablated 
in air and saline using the direct and fibre delivered HF 
laser. Etch rate measurements and photoacoustic studies were 
again used to provide information on the effective absorp­
tion coefficient and threshold fluences for these materials. 
SEM evaluation of the interaction zone was also carried out 
for specific tissue samples. For bovine cornea SEM evaluation 
of the irradiated site showed that the fibre-delivered HF 
laser produced sharply defined incisions. This is consistent 
with the high effective absorption coefficient in this 
spectral region (2-3|im) and the short laser pulse duration

306



which minimizes heat transfer to adjacent tissue. With the 
contacted fibre a peripheral zone of influence was evident in 
the SEM photographs which is attributed to the containing 
effect the fibre has on the ablation products. This region 
extends over a width (~100jim) comparable to that of the fibre
cladding and coating. For multishot exposure at 5Jem- 2

observable damage of the cornea in saline only occured at
distances <̂ 250pm.

Also it has been shown in chapter 7 that damage to
retina can occur with 400ns HF laser pulses delivered by a
fibre in saline with the fibre tip positioned beyond 2mm from
this tissue. Bubble growth is not fast enough to clear water
between the fibre tip and sample at this range on the
timescale of the laser pulse and the bubble cannot act as a
transmissive cavity for the IR radiation. The dynamics of
cavitation 'bubbles' have been investigated using pulsed dye
laser shadowgraphy for various fibre-tissue geometries and
results in free liquid modelled using the Rayleigh-Plesset
theory. Time resolved photoacoustic measurements have also
been made and revealed that very large transient pressures
are generated in tissue near the fibre tip when ablation
occurs in liquid; for example, at 8Jcm-2, peak pressures

8
reached about 1.5x10 Pa. When the fibre-to-tissue spacing was 
varied physical surface damage was evident out to distances 
of ~250jim for cornea and 2mm for retina. As these are much 
greater than the characteristic beam absorption length in 
water the main damage mechanism is then not through
photoablation but jetting or acoustic emission associated 
with optical cavitation.
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For the cornea this matter could not be determined from 
the shadowgraphs because of the small spatial scale involved 
so it is necessary to estimate from theoretical considera­
tions whether water clears the intervening space. Since the 
clearance time of saline from the fibre tip (4jis) is much 
longer than the laser pulse, therefore it is suggested that 
even for the small distances involved for the cornea water 
will remain in the vicinity of the fibre tip on the timescale 
of the laser pulse and attenuate the beam. This conclusion is 
qualitatively supported by the morphology of the damaged 
surface which differs significantly from that produced by 
direct HF laser photoablation.

It is reasonable to deduce from disruption of normal 
tight packing of the fibrils at a distance from the fibre tip 
for both cornea and retina that either impingment of the hot 
vapour cavity and associated jetting effects, large amplitude 
acoustic waves or possibly their combination is responsible 
for this. Given the relatively low energy content of acoustic 
waves generated in the initial expansion phase of the cavity 
and the lack of any clear mechanistic origin for 'ablative' 
damage by such waves it is tentatively concluded that energy 
transferred to the surface by the cavitation bubble is the 
main source of this damage. It should be noted, however, that 
acoustic waves can damage tissue cells over a large range 
despite their low energy for material removal when ablation 
takes place in a confined liquid as in this case. The 
ablation rate for cornea with the contacted fibre in saline 
falls well below that for air particularly at high fluence 
(eg. at 5Jcm-2 this is 0.8jim per pulse which is about ten
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times lower). A possible explanation for this behaviour is 
that gaseous ablation products remain trapped in the shallow 
ablation cavity and prevent water from filling this cavity.

Some preliminary work has also carried out using the 
fibre delivered HF laser to ablate polyimide (R and S type 
Upilex). For this polymer ablation thresholds were relatively 
high (l-2Jcm-2), and an incubation effect was observed. 
Material removal became significant only above 5Jcm-2 which 
is close to upper limit of the fibre capability and the 
quality of material removal was poor. Unlike for excimer and 
C02 lasers wavelengths, polyimide is relatively weakly 
absorbing at 2-3um and direct heating and degradation of the 
bulk polymer cannot explain ablation. A mechanism based on 
particle mediated absorption appears to provide the most 
likely explanation of the cummulative growth of absorption 
and ulitmate 'ablation' of this polymer.

Flouride fibres have been shown to be suitable for 
pulsed HF laser delivery, although at the large diameter used 
(500|im core) they proved to be very fragile and were easily 
destroyed by handling. As a future work it would be of 
interest to study the possibility of delivery submicro-second 
pulses through smaller core diameter fibres with better 
flexibility. These could also have the advantage of reducing 
the damage range associated with cavitation bubbles and 
acoustic transients generated at the fibre tip when working 
in a fluid. The smaller effective acoustic source size would 
lead to a more rapid transition to three-dimensional acoustic 
wave expansion and hence sharper fall off in pressure with 
distance. The disadvantage, however, would be lower tissue
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volume removal rates although this could, in principle, be 
offset by the use of a high repetition rate laser which could 
operate at low energies because of the reduced energy input 
needed for the fibre. Whether or not this laser offers a 
viable alternative to solid-state devices such as Er:YAG for 
applications such as incising the intra-ocular scar tissue or 
membranes requires investigation.
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