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Abstract

Laser material processing is becoming increasingly popular in various disciplines of

science and industry due to its clean and quiet operation, absence of tool wear and

high positioning accuracy. In particular, laser osteotomy (“bone cutting”) offers new

opportunities with its well-identified advantages over conventional methods utilizing

mechanical saws/drills. However, lack of depth control is a long-standing barrier to

wide clinical implementation. In-process monitoring and real-time feedback is highly

desirable for depth-sensitive surgical operations where cutting is performed above

critical tissues (e.g., brain surgery).

In this work, a low-coherence imaging technique known as inline coherent imaging

(ICI) is utilized to monitor bone ablation processes and provide depth information

about the sample with on-the-fly signal processing. ICI is analogous to spectral

domain optical coherence tomography with its sample arm built “inline” with the ab-

lation laser beam path. ICI is capable of an imaging speed up to 240 kHz and a high

dynamic range of over 60 dB. The laser system used for bone ablation is a 1070 nm

ytterbium-doped fiber laser. Its fiber delivery allows flexible cutting angles to access

hard-to-reach areas in surgery. Laser bone ablation by the fiber laser is characterized

by percussion drilling experiments and ICI depth tracking of the sample. The ablation

parameters are optimized for high ablation efficiency and minimal thermal damage.
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Closed-loop feedback based on in situ ICI measurement is developed to achieve con-

trolled ablation with complexity and high precision. Designed features, including 1D

holes, 2D trenches and 3D morphologies, are ablated with accuracy verified by an ex

situ stylus profiler. The thermal damage to the surrounding bone tissue is assessed

by histology. The heat-affected zone is quantified as 5-10 µm for 3D features created

on both fresh and dry bone samples. This proof-of-principle study shows promising

potential for ICI-guided laser osteotomy.
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Chapter 1

Introduction

The invention of the laser (which is an acronym for Light Amplification by Stimulated

Emission of Radiation) in the 1960s was truly a revolutionary step for the human race

and the way we utilize light energy. Arthur Schawlow and Charles Towns first pub-

lished the theoretical work of the laser in 1958 [1]. Two years later, Theodore Maiman

built the first working ruby laser at Hughes Laboratories [2]. After half a century of

development and innovation, lasers are now used in almost every area of science and

technology and have significantly improved our quality of life. Applications range

from the optical disk drive to fiber-optic communication, from eye surgery to military

weapons, and from recreational laser tag to industrial 3D printing. In particular, laser

material processing has found wide success in various industrial and scientific applica-

tions. Compared to conventional methods of material modification, lasers bear many

advantages including (but not limited to) quiet and clean operation, non-contact with

sample and minimal tool wear, high positioning accuracy and flexible processing pa-

rameter space. A large variety of laser types are also developed to suit the needs of

different applications. The coherence of light generated by lasers is tailorable, both
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spatially and temporally. The coherence property is fundamental to the frame of

this work where laser machining and imaging are combined. Specifically, the spatial

coherence allows the light to be focused tightly and achieve power intensities high

enough to ablate materials. Low temporal coherence of the light source is the basic

requirement for the interferometry techniques used for imaging.

Light-matter interactions involved in laser processing can be extremely stochastic

in terms of the energy absorption and transfer, as well as the thermodynamical prop-

erty changes of the ablated material. There are two main regimes of laser ablation:

thermal and ultrafast ablation. Thermal ablation is mostly realized with continuous

wave (CW) lasers through concentrated heat deposition from long pulses (nanosec-

onds or longer). Rapid rise in temperature induces melting and then vaporization that

leads to material removal. In comparison, ultrafast ablation is a completely different

regime where nonlinear processes occur [3]. Electrons of the molecules are ionized by

ultrashort pulses (picoseconds or less) with an extremely high peak intensity. Posi-

tive nuclei are left behind to repel each other and undergo Coulomb explosion that

leads to material removal. Ultrafast lasers typically ablate materials with very little

heat-affected zone (HAZ) but suffer from slow removal rate compared to CW lasers.

A CW near-infrared source is used in this work and material ablation is driven by

thermal processes.

While considerable work has been done to model and simulate light-matter inter-

action, it is challenging to accurately predict the outcome of a particular application.

Commonly, experimental characterization by trial and error are conducted to search

for optimal laser operation parameters including center wavelength, pulse duration,

repetition rate, and scanning speed. This approach can be both time consuming and
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costly due to the extensive parameter space. Most post-cut quality analysis requires

ex situ methods (such as grinding and polishing for laser welding) that are destruc-

tive and lengthy. Therefore, with the growing versatility and interest of laser material

processing, there is a stark need for real-time in situ techniques to monitor the pro-

cess for quality assurance as well as to shed light on the complicated light-matter

interactions.

For surgical applications, lasers can be used for ablation of hard tissues (known

as laser osteotomy). It has a number of advantages over conventional methods utiliz-

ing mechanical tools. Numerous studies have been done to parameterize laser bone

ablation in terms of wavelength dependence, ablation rate, ablation threshold and

collateral thermal damage etc. Most quantitative conclusions for ablation rate are

drawn by dividing the final hole depth or the total mass reduction by the total num-

ber of laser pulses fired. The ablation threshold is estimated based on the maximum

number of laser pulses incident on a location while zero hole depth is maintained.

Typical hole depth and morphology measurements are obtained through optical pro-

filometry [3], microbalance weighing [4], and histology sectioning [5]. These methods

are limited by their lack of in-process depth tracking information; only final depth

and morphology can be measured. Therefore, the ablation rate is statistically in-

terpolated from multiple holes ablated with increasing laser exposure based on the

assumption that ablation rate is uniform across samples. It is shown in this work

that a large amount of variability exits in bone ablation, so in general this is not a

good assumption. Perhavec et al. [6] used an optical triangulation set-up to measure

laser ablation in hard dental tissue that allows multiple depth measurements of the

same hole formation process. However, this approach can only image low-aspect ratio
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holes thus limiting potential clinical deployment.

In this work, we utilize an in situ, real-time depth measurement tool to access the

full depth profile during a single hole formation. This novel imaging modality, called

inline coherent imaging (ICI), opens a new window to probe laser bone ablation and

understand the light-matter interactions involved. Chapter 2 outlines the background

of laser hard tissue ablation as well as the detailed mathematical theory of low-

coherence imaging, which is the basis of understanding how ICI is built and how

to interpret ICI measurements. Chapter 3 describes the experimental apparatus of

the laser processing station, the ICI design specifications and the data processing

steps for obtaining usable ICI images. Chapter 4 contains two main sections: the

first section describes the different types of ICI images, as well as depth tracking

techniques. The second section presents the experimental results on characterization

of bone ablation by the 1070 nm fiber laser using ICI. A possible model based on

thermal relaxation is proposed to explain the observed characteristics. Chapter 5

details the key results of this work. Closed-loop feedback control is realized based on

real-time ICI depth measurement during laser ablation. A LabVIEW-based software

is developed to achieve automated 3D ablation of pre-defined feature, resembling

the requirement of depth-sensitive surgical applications. Controlled ablation of 1D

(holes), 2D (trench) and 3D (various morphologies) are demonstrated. The precision

of the feedback controlled ablation is quantified by ex situ measurements using a

stylus profiler. Laser ablation parameters are explored and selected for a balance

between high removal rate and minimal thermal damage. Histological examination is

performed to quantify the heat-affected zone of laser ablated morphologies.
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Chapter 2

Background

2.1 Laser Hard Tissue Ablation

The motivation to investigate and understand laser hard tissue ablation lies in its

potential to be applied to laser bone surgery, also known as laser osteotomy. Laser

osteotomy techniques, which have been investigated for almost four decades [7], bear

a number of advantages over conventional mechanical tools like rotating drills or

oscillating saw blades. A laser beam provides excellent transverse precision since it

can be focused to spot sizes (as small as the wavelength) much smaller than the typical

dimensions of mechanical cutting pieces (typically several millimeters [8]). Mechanical

tools rely on direct contact with bone for cutting which can cause profound vibrations.

Vibrations not only cause discomfort to the patient but also induces micro fractures in

adjacent tissues as detrimental side effects. In addition, deposition of metal shavings

is unavoidable due to the large friction and shear stress between bone surface and

the cutting tool. Previous studies have shown that metal shavings hinder the healing
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process and distort post-operative investigations [9, 10]. In comparison, the non-

contact nature of laser osteotomy bears no risks from vibrations or metal shavings.

It also permits more flexible choice of cutting path without limitations posed by the

size and geometry of a mechanical instrument.

Despite all the advantages that laser osteotomy can offer, it is still not commonly

implemented in clinical settings. A major barrier to its use in surgery is the inability

to mechanically control the depth of incision, as is possible with a saw/drill. As a

result, a human operator may not be able to stop the laser irradiation in time before

damaging tissues beyond intended incision [11]. Therefore, real-time depth control is

highly desirable in order to make laser osteotomy more applicable to clinical surgery

applications [11, 12].

2.1.1 Composition and Structure of Bone

Hard tissue such as bone is known to have complicated structures with considerable

inhomogeneity and porosity, making accurate depth control based on predetermined

ablation rates difficult or impossible. The microscopic structure of bone is shown in

Figure 2.1 [13]. Typical bone consists of a dense outer layer called cortical (or com-

pact) bone, which sits on top of porous cancellous (or spongy) bone usually occupied

with bone marrow. The typical composition of cortical bone is 13% water, 27% or-

ganic matrix and 60% inorganic minerals by weight [14]. The components of organic

matrix are collagen, proteins, blood cells and lipids [15]. Inorganic minerals, which

is mainly a form of calcium phosphate known as hydroxyapatite, are embedded in

the collagen matrix [16]. The large hydroxyapatite mineral component is accountable

for the compressive strength of bone. Various components exhibit differing density,



2.1. LASER HARD TISSUE ABLATION 7

optical absorption and heat conductivity, which are important properties that affect

the laser bone ablation rate.

Figure 2.1: Bone has complicated microscopic structures with considerable inhomo-
geneity, resulting in non-deterministic ablation rate. This figure is taken
from [13].

2.1.2 Laser Sources and Ablation Mechanisms

Various laser sources has been used to explore the laser hard tissue interaction from

UV to IR wavelengths. Among numerous candidates, Er:YAG (λ = 2.79 µm) and

CO2 (λ = 9.6 µm) are found to be promising to achieve efficient and minimal invasive

laser ablation on dental and bony tissues [10, 17]. The success of these two laser

types is due to the overlap of their wavelengths with water absorption peaks. A

spectrum for water absorption in the near-infrared wavelengths is shown in Figure

2.2 [18]. A widely accepted theory for laser hard tissue ablation mechanism is called

water micro-explosion [19, 20, 21]. Strong deposition of energy within a concentrated
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tissue volume heats up the water content in bone very quickly. This leads to sudden

vaporization of water and results in an induced internal micro-explosions that remove

the surrounding tissues.

Figure 2.2: Water absorption spectrum in the near-infrared region. The absorption
peaks at 3 µm and 10 µm makes Er:YAG laser and CO2 lasers efficient
at hard tissue removal. This figure is taken from [18].

In contrast, ytterbium-doped fiber lasers (which have made great advances in

industrial settings due to their high power, robust operation and convenient fiber

delivery) are unpopular in hard tissue ablation due to poor water absorption at their

center wavelength 1070 nm. Therefore, laser bone interaction at this wavelength has

been underexplored. However, ytterbium-doped fiber lasers have certain advantages

over Er:YAG solid-state and CO2 gas lasers in surgery applications. The fiber beam

delivery system allows high flexibility in accessing hard-to-reach areas and its high

power output has the potential for extremely fast ablation. Recent study has shown

that ytterbium-doped fiber laser is able to perform computer-assisted osteotomy with
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high cutting efficiency and minimal damage to surrounding soft tissue [22]. In addi-

tion, the study showed that healing time did not vary significantly between laser and

mechanical cutting techniques for in vivo rabbit experiments, but precise control of

the depth is still an open research question.

2.1.3 Clinical Requirements

Laser osteotomy techniques have been investigated for four decades. They bear many

advantages over conventional mechanical tools as discussed in Section 2.1. The ulti-

mate goal of this work is to deploy ICI-guided surgery to a clinical setting. Therefore

communications with the medical community are valuable to the research team. An

interview was conducted by former summer student Seth Todd with Dr. Phil Burton,

who is an orthopedic surgeon with experience using lasers in shoulder surgeries. The

following characteristics are identified to be desirable by Dr. Burton to make laser

osteotomy more clinically viable:

• control of laser penetration

• narrow cuts with limited bone loss

• small thermal damage to surrounding tissue

• comparable removal efficiency to mechanical saws/drills

• no significant hindering of healing process

• flexible delivery and high mobility

A research collaboration was also previously established with Dr. Victor Yang’s

group at Ryerson University. Dr. Yang is a neurosurgeon who identified ICI as a
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potentially suitable tool to guide a type of spinal surgery called laminectomy. Most

commonly, laminectomy is performed to treat spinal stenosis (abnormal narrowing of

the spinal canal) if medicine proves ineffective [23]. The incidence of spinal stenosis in

the United States has been estimated at 8 to 11 percent of the population as the baby

boomers age [24]. Thus, laminectomy is not a rare procedure. The improvement of

its efficiency and safety can impact the quality of healthcare available to the public.

Figure 2.3: Laminectomy is the surgical removal of partial vertebral bone to relieve
pressure on the spinal cord. This figure is taken from [23].

Laminectomy is the surgical removal of partial vertebral bone called lamina to

relieve pressure on the spinal cord, which alleviates back or neck pain suffered by the

patient (see Figure 2.3). It is crucial to avoid damaging critical tissue structure (i.e.,

spinal cord and nerves) underneath the vertebra during this procedure. Dr. Yang, an

experienced neurosurgeon, proposed using ICI-guided laser for bone ablation until a

few hundred microns of bone are left before cut-through. A mechanical tool can then
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be used to snap open the remaining layer and complete the lamina removal.

If a clinical laminectomy procedure were to be performed by an automated ICI-

guided laser system, the following steps would need to be taken:

1. Identification of treatment plan by a surgeon with a priori knowledge of the

bone (e.g., from micro-CT scans)

2. Co-registration of the ICI reference frame with the micro-CT reference frame

3. Accurate execution the treatment plan by ICI-guided laser bone ablation

Figure 2.4: Top and side views of a typical treatment plan for laminectomy. This
figure is taken from [25].

In Figure 2.4, a typical treatment plan is identified by a surgeon on a micro-CT

scan of a vertebral bone [25]. The discrete path coordinates can be exported and

later converted into coordinates in the ICI reference frame. The conversion involves

a coordinate transformation assuming one rotation about an axis through the origin

followed by a translation. MATLAB code is written to convert a series of coordinates

from the micro-CT reference frame to the ICI reference frame (see Appendix A1). It

requires three points on the bone to be measured in both reference frames.
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2.2 Low-Coherence Imaging Techniques

Inline coherent imaging is a white-light interferometric technique based on optical

coherence tomography (OCT). OCT is a non-invasive real-time imaging modality

widely applied in clinical ophthalmology. It was first published and demonstrated

by Huang et al. in 1991 at the Massachusetts Institute of Technology [26]. OCT

measures backscattered light intensity as a function of axial position, which is called

an A-scan or A-line. Cross-sectional images can be generated by taking a series of

A-lines at different transverse positions. An in vivo cross-sectional OCT image of the

human retina is shown in Figure 2.5 where distinct retinal structures can be visualized

and identified [27].

Figure 2.5: An example of in vivo cross-sectional OCT image of the human retina
with false coloring. The image has 10 µm resolution and it was acquired
with 800 nm wavelength. This figure is taken from [27].

It is common to think of OCT as the optical analogue of ultrasound, except

light is used instead of sound. When sound or light is incident on a tissue with

varying layers, it is partially transmitted and reflected at each layer. The time it

takes for backscattered sound or light from each layer to travel back is different.

Measurement of the echo time can reveal the dimensions of tissue structures and the
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layer boundaries. The typical echo time of sound waves is well within the detection

limit of electronic sensors. However, since the speed of light is about 5 orders of

magnitude higher than the speed of sound in tissues, the echo time is too short to be

resolved by electronics. Therefore, indirect techniques to measure light in flight must

be employed such as interferometry.

2.2.1 Basics of Optical Coherence Tomography

Interferometry techniques can extract information of time of flight based on wave

superposition and interference principles. It is commonly used in fiber optics, as-

tronomy, spectroscopy, remote sensing, etc. Optical coherence tomography utilizes a

Michaelson-type interferometer which was first used in the famous Michelson-Morley

experiment in attempt to detect Earth’s aether, which was believed to be the medium

for light propagation at that time. The Michelson-type interferometer in OCT con-

sists of a low-coherence light source, a beam splitter, a detector, the reference arm and

the sample arm. In Figure 2.6, light emitted by the source is partially transmitted

and partially reflected at the beam splitter. Reflected light from the reference arm

and the sample arm interferes and forms a fringe signal at the detector. The fringe

signal can be decoded to reveal optical path length difference (PLD) between the

reference arm and the sample arm. The measured light intensity Idet at the detector

is the square of the total field where ∆z = |zR − zS| is the PLD of the two arms

assuming free space where refractive index is 1:
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Idet ∝ |Etot|2 = |ER + ES|2

= |ER|2 + |ES|2 + 2EREScos(2k ·∆z)

= IR + IS + 2
√
IRIS cos(2k ·∆z)

(2.1)

Figure 2.6: Michelson-type interferometer consists of a low-coherence light source, a
beam splitter, a detector, the reference arm and the sample arm.

Early optical coherence tomography were conducted in time-domain with a scan-

ning reference arm, which is known time-domain optical coherence tomography (TDOCT).

Since the light source has low coherence, interference only occurs when the PLD of

reference arm and sample arm match to within the coherence length (∆lc) of the light

source. Successive fringe peaks appear in an A-line as a result of various scattering

interfaces in the sample as the reference arm scans through the axial position. The

envelopes of the fringes determine the resolution of the OCT system. The full width

at half maximum (FWHM) of the envelope function corresponds to the coherence

length of the light source. An example TDOCT signal for two sample interfaces is
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Figure 2.7: An example of artificial TDOCT signal in shown in blue, and the envelope
function shown in orange indicates the locations of sample interface. The
FWHM of the envelope is commonly defined as the resolution of the
OCT system and it corresponds to the coherence length (∆lc) of the light
source.

illustrated in Figure 2.7.

In the last two decades, there have been significant advances in OCT technology.

A new technique called Fourier domain optical coherence tomography (FDOCT) en-

abled drastic improvements in signal to noise ratio (SNR) and imaging speed due to

the elimination of a scanning reference arm [28]. The first FDOCT retinal imaging

was performed by Wojtkowski et al. in 2002 and showed that FDOCT has a clear

sensitivity advantage over TDOCT [29]. This has stimulated a shift in interest of the

OCT research community from conventional TDOCT to SDOCT.

There are two types of FDOCT implementation, the first type is called spectral-

domain OCT (SDOCT) that utilizes a CW and broadband light source with a spec-

trometer. The second type utilizes swept source capable of rapidly sweeping the

center wavelength and is known as swept-source OCT (SSOCT). In both types of

FDOCT systems, the interference signal are created in frequency domain, called a
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Figure 2.8: (a) The TDOCT set-up utilizes a scanning reference mirror and single-
channel photodetector. (b) FDOCT is generally implemented with a sta-
tionary reference mirror and a spectrometer composed of a grating and a
multi-channel array detector, e.g., CMOS line camera.

spectral interferogram. Depth profile of the sample can be acquired using inverse

Fourier transform of the spectral interferogram. This is an additional signal process-

ing step compared to TDOCT. A comparison of TDOCT and SDOCT schematics is

illustrated in Figure 2.8. The optical fiber-based implementation makes OCT sys-

tem very compact and sufficiently small for endoscopic OCT applications to probe

intestinal tract and major blood vessels [28].

In contrast to conventional microscopy, the axial and transverse (or lateral) reso-

lution of OCT are decoupled. The transverse resolution of OCT is governed by the

focusing optics in the sample arm. The more tightly the spot size can be focused, the

higher the transverse resolution ∆x [30]:

∆x =
4

π

λ0
d/f

=
2

π

λ0
NA

(2.2)
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where λo is the center wavelength of the light source, f is the focal length of the

objective lens and d is the spot size diameter on the objective lens. NA is the numerical

aperture of the objective lens given by [31]

NA ≈ 1

2

d

f
(2.3)

In addition, there is a trade-off between the depth of focus (also known as the

confocal parameter b equal to twice the Raleigh range zR) and the transverse resolu-

tion similar to microscopy. An objective lens with a higher NA results in a smaller

focus and a shorter Raleigh range and the vice versa also holds. This relationship

can be understood by the following equation relating b and ∆x:

b = 2zR =
π∆x 2

2λ
(2.4)

In comparison, the axial resolution is independent of the focusing condition. It is

equal to the coherence length ∆lc of the light source, which is inversely proportional

to the spectral bandwidth ∆λ. Broadband light sources including superluminescent

diodes(SLD) and ultrashort pulses are typically used to achieve high axial resolution.

The axial resolution ∆z can be calculated by:

∆z = ∆lc =
2ln(2)

π

λ 2
0

∆λ
(2.5)

In general, OCT imaging is operated with low NA focusing, with the depth of

focus to be much longer than the coherence length in order to allow probing a few

millimeters into tissues. High NA is more effective in ultrahigh resolution en face

OCT imaging [32]. Compromises of high and low focusing conditions are illustrated
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in Figure 2.9 [32].

Figure 2.9: Low NA results in a long depth of focus and large spot size at focus. High
NA results in a short depth of focus and small spot size at focus. OCT
imaging generally operate in the the low NA regime. This figure is taken
from [32].

2.2.2 Theory of Spectral-Domain OCT

Inline coherent imaging is based on spectral-domain optical coherence tomography;

the detailed imaging principle of SDOCT will be discussed in this section. The de-

tailed mathematical derivations are modified from [33]. First, consider the Michelson

interferometer shown in Figure 2.10 [33].

Assume the incident light is a polychromatic plane wave with an electric field in

the form of
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Figure 2.10: Schematic diagram of Michelson interferometer of SDOCT showing the
electric field’s propagation through the beam splitter. Ei is the incident
electric field on the beam splitter coming from the light source. ER
and ES are the reflected electric fields from the reference and sample
arm respectively. ID is the photocurrent being generated. This figure is
adapted from [33].

Ei =
∑
k,w

s(k, w)ei(kz−wt) (2.6)

where s(k, w) is the electric field amplitude as a function of the wavenumber k = 2π/λ

and angular frequency w = 2πv. They are related by the index of refraction n(λ)

and speed of light in vacuum c according to c/n(λ) = λv. The beam splitter divides

the incident light into two equal fractions in power, thus the electric field after the

beam splitter is Ei√
2

traveling to both the reference arm and sample arm. The distance

between the beam splitter and the reference reflector is zR. The reference reflector

has electric field reflectivity rR and power reflectivity RR = |rR|2. Therefore, the

reflected electric field from the reference reflector is
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ER =
Ei√

2
rRe

i2kzR (2.7)

where the factor of 2 in the exponent accounts for the round-trip path length.

The sample arm however, could contain multiple reflecting interfaces with varying

reflectivity. Assume the sample electric field reflectivity is a depth dependent function

rS(zS), where zS is the distance variable of the sample reflectors from the beam

splitter. In general, rS(zS) is continuous since the sample refractive index varies

continuously as a function of depth. However, imaging and detection of tissue surface

is the main interest of this work. Thus for a simplified case, assume the sample is a

series of N discrete, delta function reflections in the form:

rS(zS) =
N∑
n=1

rSnδ(zS − zSn) (2.8)

where rSn is the electric field reflectivity from each reflecting interface and zSn is its

distance from the beam splitter. Note that OCT measures optical distances, which are

equal to the absolute distances multiplied by the refractive index. In this derivation,

free space is assumed to be the medium of light propagation (with refractive index of 1)

such that optical distances are equal to the absolute distances. The power reflectivity

of each reflector is given by the magnitude squared of the electric field reflectivity,

i.e., RSn = |rSn|2. Similarly, the sample arm reflected electric field traveling back to

the beam splitter is given by

ES =
Ei√

2
rS(zS)⊗ ei2kzS =

Ei√
2

N∑
n=1

rSne
i2kzSn (2.9)

where ⊗ indicates convolution. The sifting property of the delta function f(t)⊗ δ(t−
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to) = f(t0) is used. The total field returning to the beam splitter from the reference

and sample are halved in power upon passing through and the electric fields interfere

at the detector. The photocurrent ID generated at the detector is proportional to the

square of the sum of the incident fields given by

ID(k, w) = ρ
〈 ∣∣∣ER√

2
+
ES√

2

∣∣∣2 〉
=
ρ

2

〈 ∣∣ER + ES
∣∣2 〉 (2.10)

where ρ is the responsivity of the detector and the angular bracket denotes integration

over all frequencies as well as the response time of the detector. By substituting

Equations 2.7 and 2.9 into the first line of Equation 2.10, the detector current becomes

ID(k, w) =
ρ

2

〈 ∣∣∣∑k,w s(k, w)
√

2
rRe

i(2kzR−wt) +

∑
k,w s(k, w)
√

2

N∑
n=1

rSne
i(2kzSn−wt)

∣∣∣2 〉
(2.11)

Upon expanding Equation 2.11, dependence on temporal angular frequency w can be

left out because the electric field of light oscillates much faster (hundreds of THz)

than the response time of any electronic sensor (MHz). This leaves the photocurrent

only as a function of the wavenumber k:

ID(k) =
ρ

4

[
S(k)(RR +

N∑
n=1

RSn)
]

+
ρ

4

[
S(k)

N∑
n=1

√
RRRSn (ei2k(zR−zSn) + e−i2k(zR−zSn))

]
+
ρ

4

[
S(k)

N∑
n=1

N∑
m=1m6=n

√
RSnRSm (ei2k(zSn−zSm) + e−i2k(zSn−zSm))

]
(2.12)
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where S(k) = 〈 |
∑

k,w s(k, w)|2 〉 is substituted which represents the incident light

power spectrum. Note that the ID(k) is bounded and more sample interfaces (i.e.,

larger N) does not imply a larger photocurrent. A reasonable approximation is that

the light source has a Gaussian-shaped spectrum and ∆k is the spectral bandwidth

corresponding to the half width at 1/e maximum. The inverse Fourier transform

of the source spectrum gives another very useful quantity known as the coherence

function γ(z). The Fourier transform pair is illustrated in Figure 2.11 [33].

Figure 2.11: The Gaussian-shaped power spectrum of the light source S(K) is the
Fourier transform of the coherence function γ(z). The coherence length
∆lc is the FWHM of the coherence function and is inversely proportional
to the spectral bandwidth ∆k. This figure is adapted from [33].

Using Euler’s formula (eiθ + e−iθ = 2cosθ) to simplify the second and third lines in

Equation 2.12, a purely real current is measured at the detector known as the spectral

interferogram given by
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ID(k) =
ρ

4

[
S(k)(RR +

N∑
n=1

RSn)
]

+
ρ

2

[
S(k)

N∑
n=1

√
RRRSncos(2k(zR − zSn))

]
+
ρ

2

[
S(k)

N∑
n=1

N∑
m=1m6=n

√
RSnRSmcos(2k(zSn − zSm))

]
(2.13)

The terms in Equation 2.13 can be categorized into three distinct components:

1. The first line represents the “DC terms” which are independent of path length

difference. It is the sum of power reflectivity of the reference and sample arms.

The DC terms have constant amplitudes and scale with the light source power

spectrum. The S(k)RR term is the largest due to the high reflectivity of the

reference mirror. However, this term is commonly subtracted before data ac-

quisition as a standard calibration step.

2. The second line represents the “cross-correlation terms” and directly encodes

the path length difference between the reference and sample arms. Each of the

cosine terms represent the interference signal between the reference reflector and

one of the sample reflectors. The cross-correlation terms are generally smaller

than the DC terms due to the square root dependence of the power reflectivity,

which also leads to a gain in the dynamic range by a factor of 2 (in logarithmic

scale).

3. The last line represents the “auto-correlation terms” which represents the in-

terference between sample reflectors and appears as signal artifacts in the OCT

system. However, these cosine terms in general have much smaller magnitudes

compared to the DC and cross-correlation terms.
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An example of the wavenumber-dependent photocurrent is illustrated in Figure

2.12, assuming a single reflector is present in the sample arm. The Gaussian function

(in red) represents the DC term and the superimposed cosine oscillation is the cross-

correlation term. The auto-correlation term is not present in this idealized spectral

interferogram.

Figure 2.12: An idealized SDOCT interference signal generated by a single sample
reflector is illustrated. The red Gaussian function represents the DC
offset with an amplitude of RR+RS1

2
and the cross-correlation term is a

cosine function superimposed on top of the DC term with an amplitude
of
√
RRRS1.

In spectral-domain OCT, all spectral components of ID(k) are obtained simulta-

neously by placing an array detector (e.g., CMOS line camera) at the output of a

interferometer. The objective of OCT imaging is to obtain the sample field reflectivity

rS(zS) =
√
RS(zS) by decoding the measured interference signals. More specifically,

the sample reflectivity is calculated from the inverse Fourier transform of the pho-

tocurrent ID(k). Two mathematical relations are important here: the first one is the

Fourier transform pair 1
2
[δ(z+ zo) + δ(z− zo)] F←→ cos(kzo), and the second one is the

convolution property of Fourier transforms x(z) ⊗ y(z) F←→X(k)Y (k). The inverse
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Fourier transform of Equation 2.13 will convert the k-domain interferogram ID(k) to

z-domain A-line iD(z) given by

iD(z) =
ρ

8

[
γ(z)(RR +

N∑
n=1

RSn)
]

+
ρ

4

[
γ(z)⊗

N∑
n=1

√
RRRSn δ(z ± 2(zR − zSn))

]
+
ρ

4

[
γ(z)⊗

N∑
n=1

N∑
m=1m 6=n

√
RSnRSm δ(z ± 2(zSn − zSm))

]
(2.14)

In the cross-correlation terms (i.e., second line), the delta functions represents the

locations of sample reflectors. Each delta function is then convolved with the coher-

ence function. Note the sample field reflectivity rS(zS) =
∑N

n=1

√
RSnδ(zS − zSn)

is what we are trying to solve and it is a component of the cross-correlation terms.

By utilizing the sifting property of delta function, Equation 2.14 can be carried out

to get the final form of A-line signals (for the example with Gaussian-shaped source

spectrum and discrete sample reflectors):

iD(z) =
ρ

8

[
γ(z)(RR +

N∑
n=1

RSn)
]

+
ρ

4

[ N∑
n=1

√
RRRSn [γ(2(zR − zSn)) + γ(−2(zR − zSn))]

]
+
ρ

4

[ N∑
n=1

N∑
m=1m6=n

√
RSnRSm [γ(2(zSn − zSm)) + γ(−2(zSn − zSm))]

]
(2.15)

Figure 2.13 gives a graphical interpretation of Equation 2.15. A-line data encodes
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Figure 2.13: Top: Example sample field reflectivity function containing two discrete
delta reflectors.
Bot.: A-line signal for the above sample assuming Gaussian-shaped spec-
trum and free space light propagation. The DC, cross-correlation and
auto-correlation terms are presented. Factor of 2 in the sample reflector
locations is due to the round-trip nature of light propagation in the inter-
ferometer. The mirror images are artifacts due to the complex conjugate
ambiguity. This figure is adapted from [33].

optical PLD between the reference arm and sample arm. The zero-delay point is

where the sample arm and reference arm path length are matched. The sample field

reflectivity is reproduced by peaks located at twice the distance from the zero-delay

point due to round trip light propagation in the interferometer. The peak magnitudes

scale with the reflectivity of corresponding sample reflectors
√
RSn and also get am-

plified by the strong reference field reflectivity
√
RR. The reference field reflectivity in

general can be adjusted to a level that produces sufficiently large sample signals but

also avoids camera saturation. Also note that each sample reflector is broadened to

a width of roughly one coherence length by convolution with the coherence function
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γ(z), known as the point-spread function (PSF. The FWHM of the PSF is equal to

the round-trip coherence length and it is defined as the axial resolution of an OCT

system. A few steps are commonly implemented to process the A-line data:

• By introducing a new depth variable z′ = 2z, the double distance of sample

reflectors can be modified to the correct length, i.e., the peaks in the iD(z′)

plot would line up with the sample locations in the rS(zS) plot.

• Artifacts also arise from the DC terms that result in a large peak centered at

the zero-delay point with a width of roughly one coherence length. The largest

term is from the reference reflector and can be subtracted in a calibration step.

One simply records the interferogram of only the reference arm (i.e., no sample

present) and subtract this invariant signal from all subsequent A-lines.

• The auto-correlation terms also give rise to artificial signals near zero-delay

point, since the sample reflector path length differences are in general small

compared to the differences between reference and sample. This artifact does

not degrade the signal because the magnitude of the auto-correlation terms

are sufficiently smaller than the cross-correlation terms which are amplified

by reference reflectivity. Setting a proper intensity threshold can generally

eliminate this artifact.

• The mirror images of desired sample reflector locations are well understood

imaging artifacts of SDOCT known as complex conjugate ambiguity. They arise

from the inverse Fourier transform of the purely real spectral interferogram.

Ambiguity of the signal can be avoided as long as the sample is kept entirely to

one side of the zero-delay.
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2.2.3 Inline Coherent Imaging

Upon designing an inline coherent imaging (ICI) system, there are a few important

engineering considerations. In general, trade-offs have to be made among

• axial resolution

• depth field of view (FOV)

• imaging speed

Both the axial resolution and depth field of view is inversely proportional to the

bandwidth of the light source, therefore, a finer resolution is inevitably at the cost of

a smaller FOV. Imaging speed is inversely proportional to the number of pixels used

on a camera whereas a larger field of view requires more camera pixels to resolve.

Since the high power laser can easily penetrate millimeters into materials including

metals and the light-matter interaction has extremely fast dynamics, the ICI system

is designed for large field of view and high imaging speed in order to observe these

laser processes. The cost is that the axial resolution is relatively low (about 20 µm )

in comparison to some modern OCT system with sub-µm precision.

The spectrometer design directly determines the depth field of view zmax of the

ICI imaging system. Increasing PLD between the sample and reference arm results

in higher frequency in the interferogram as illustrated in Equation 2.1. Therefore,

the highest frequency that can be resolved by the spectrometer sets the limit on the

maximum FOV. The interferogram is linearly sampled in k-domain with sampling

interval δk set by the camera pixel spacing. Thus the total wavenumber range is

∆k = δkN where N is the number of pixels. This in turn sets the sampling interval

in z-domain as δz = 2π/2∆k = λ 2
0 /2∆λ [33]. The FOV is given by the Nyquist
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condition which states that sampling frequency has to be at least twice the signal

frequency in order to resolve the signal. Therefore, the maximum depth that can be

resolved by N pixels is N/2 times the z-domain sampling interval [29]:

zmax = δz
N

2
=

λ 2
0

4∆λ
N (2.16)

In our spectrometer design, the sampling interval in z-domain is δz = 9.28 µm/pixel

which gives a single-sided FOV of approximately 4 mm based on Equation 2.16. Due

to complex conjugate ambiguity, the sample needs to be carefully positioned in the

beginning of an experiment such that ablation depths up to 4 mm show up on only

one side of zero-delay.

ICI is integrated into a laser processing station such that high speed imaging takes

place simultaneously as laser machining, which has inspired many new research di-

rections using well-established imaging techniques. Various laser material processing

applications can be better examined and optimized with an in situ real-time monitor-

ing of ICI. Processes including laser keyhole welding [34, 35], laser etching of silicon

[36, 37], laser micromachining of stainless steel [38], laser bone ablation [39, 25] and

laser additive manufacturing have been studied using ICI by past and current group

members.

The co-axial alignment of the machining and imaging beam path is achieved by

a dichroic mirror. For the laser processing machining station used in this work, the

dichroic mirror transmits the imaging light centered at 840 nm(from a CW broadband

SLD) and reflects the machining light centered at 1070 nm (from a ytterbium-doped

fiber laser). After the dichroic, both imaging and machining light is focused to the

sample by an objective lens, whose NA determines the focus spot sizes of imaging
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Figure 2.14: The co-axial alignment of machining and imaging beam is achieved by
the dichroic mirror. Objective lens focuses both beams to focus on the
sample. The machining focus is 210 µm and the imaging focus is 70 µm
for the laser processing station used in this work.

and machining beam. For the case of an objective lens with 150 mm focal length,

the imaging light focus is approximately 70 µm and the machining beam focus is 210

µm (refer to Figure 2.14). Careful procedures are followed to align the imaging and

machining focus in x, y and z directions.
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Chapter 3

Experimental Apparatus

This chapter outlines the sample preparation (Section 3.1), experimental set-up of the

laser processing station (Section 3.2), the design and specifications of the ICI system

(Section 3.3) as well as ICI data processing and display (Section 3.4 and 3.4.5). The

original ICI system was designed and built by Dr. Paul Webster during his PhD

at Queen’s University [40] under the supervision of Dr. James Fraser. Important

additions and capabilities were added by past and current group members to the

laser processing station equipped with ICI monitoring capability. This work made

use of the existing laser processing station and the ICI system to examine hard tissue

ablation and report novel research findings.

3.1 Sample Preparation

Both fresh and dry ex vivo cortical bone samples are used in this study. Fresh bone

more closely resembles actual surgical conditions whereas dry bone produces more

consistent results (due to its stable condition). Dry bones are much easier to preserve
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before denaturing which makes them suitable for long-term comparison studies. Both

conditions are of research interest to the laser osteotomy community [25, 41]. Fresh

bone samples used for this work are taken from a porcine tibia a few hours after

the animal was slaughtered. Connective tissue and periosteum were stripped off to

reveal the cortical bone surface. The fresh bone sample was wrapped in wet cotton

towel and stored in a sealed container until use within 4 hours of collection. After

fresh bone experiments, the remaining porcine tibia was processed and turned into

dry bone by first boiling and then air-drying. A comparison study of fresh and dry

bone ablation characteristics is detailed in Chapter 4 using the same porcine tibia

bone sample. Since bone species give rise to large differences in bone density and

structure, a number of experiments are also conducted with dry bovine bone. Bone

type is reported for each experiment in this study. An example of dry bovine bone

used in this work is shown in Figure 3.1 with distinct cortical and cancellous layers.

Figure 3.1: Photograph of dry bovine bone containing cortical and cancellous layers.



3.2. THE LASER PROCESSING STATION 33

3.2 The Laser Processing Station

The laser hard tissue ablation experiments in this work is carried out with a kW-class

ytterbium-doped fiber laser. The sample arm of the ICI system is incorporated into

the beam delivery path of the fiber laser. Samples are mounted on a two-dimensionally

controlled motion stage and the third dimension control is enabled by the axial motion

of the laser head. Assisted gas can be delivered to the sample with controlled pressure

and flow rate. The laser processing station is built inside an interlocked safety en-

closure situated on an optical table. The ICI system, which consists the light source,

sample arm (inline with the laser), reference arm and the spectrometer, is built in a

portable rack-mount case situated outside the enclosure. Various software are used

in an experiment for synchronized control of laser operation by LaserNet, motion

stages by Aerotech and data acquisition & processing by LabVIEW. The software

and hardware communication is illustrated in Figure 3.2.

ICI data are taken at high speed, e.g. hundreds of thousands of interferograms

are sometimes acquired in a few seconds by the camera. A National Instrument

Data Acquisition (NI-DAQ) device is used to handle the input and output (I/O) to

facilitate the communication between the LabVIEW software and ICI. In general,

the LabVIEW software responds to an initial trigger sent from Aerotech that starts

the laser or the motion stage. Upon detecting the rising edge of the initial trigger,

LabVIEW software commands NI-DAQ to generate a pulse train with user-defined

pulse period (as short as a few microseconds) and pulse number. The pulse train in

turn triggers the camera to acquire data as specified by the user.
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Figure 3.2: Various software are used in an experiment for synchronized control of
laser operation by LaserNet, motion stages by Aerotech and data ac-
quisition & processing by LabVIEW. Solid line represents an electrical
connection and dashed line represents an optical connection.

3.2.1 The Ablation Laser

Ablation of hard tissue is performed by a diode-pumped, ytterbium-doped multimode

fiber laser (IPG Photonics YLS-1000-IC). It can operate in CW and QCW modes

with a power range of 100 W to 1100 W. The center wavelength is 1070 nm and a

tested linewidth of 4 nm [42]. The laser system contains the gain medium with three

modules, each can be turned off if low powers are desirable. The beam coming out

of the gain medium is coupled into a 5 m long feeding fiber with a core diameter of

50 µm followed by a 5 m long process fiber with a core diameter of 100 µm. With

objective lens of 150 mm focal length, the beam waist diameter and Rayleigh range

was measured to be 212 µm and 3.68 mm respectively. The beam quality factor (M2)
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is measured to be 8.88 which indicated that the beam intensity profile is far from an

idealized Gaussian beam with M2 equal to 1. The key specifications of the ablation

laser is summarized in the Table 3.1.

Laser Parameter Specification Unit

Center wavelength 1070 nm
Output power range 100-1100 W

Lens focal length 150 mm
Beam quality factor (M2) 8.88 –

Beam waist diameter 212 µm
Rayleigh range 3.68 mm

Operation mode CW,QCW –
Switching ON/OFF time 80 µs

Table 3.1: The key specifications of the ablation laser [42].

Hard tissue ablation experiments are performed in pulse mode by switching the

laser on and off to generate pulse durations from 50 to several hundred microseconds.

The typical switching ON/OFF time is 80 µs. The ablation laser in operated by

IPG’s LaserNet Software which allows the laser be triggered externally with pre-

defined pulse duration and repetition rate. The laser power can be set either to a

constant value in LaserNet or modulated by an external analog signal depending on

the application requirement.

3.2.2 Sample Positioning Control

The relative position of the laser head to the sample is controlled by three linear

motion stages. The x-axis stage (Aerotech PRO-165) is bolted down to the optical

table with a travel range of 400 mm and maximum speed of 300 mm/s. The y-

axis stage (Aerotech PRO-115) is mounted on top of the x-axis stage with a travel
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range of 300 mm and maximum speed of 300 mm/s. The combination of the two

stages allows accurate positioning of the sample in the horizontal plane within 1um

resolution. The laser head (Laser Mech AccuFiber PLYDH0209) is attached to the

z-axis stage (Aerotech PRO-115) with a travel range of 300 mm and maximum speed

of 100 mm/s. When a sample is prepared for ablation, the z-axis position of the laser

head needs to be adjusted such that the sample surface is within the depth field of

view of ICI.

Each stage has its own power supply and control unit called Ndrive(Aerotech

Ndrive CP). The motion stages are operated by Aerotech’s A3200 software suite in-

cluding 1) a CNC operator interface to aid visual sample positioning and alignment

and 2) a motion composer where G-code can be written for automated motion pro-

grams. Another important functionality of Aerotech software is position synchronized

output (PSO). PSO is a digital output that can trigger the laser to fire every time a

fixed distance is traveled. This ensures that laser pulses are evenly fired throughout

a feature even when the speed slows down at a sharp corner. It would be a problem

if a laser pulse is fired at a fixed time interval if the speed varies.

3.2.3 Assist Gas for Optics Protection

All laser machining processes in the lab make use of assist gas although the purpose

of the gas can vary depending on the application. Pressurized gas is delivered from

gas tanks to the contact point between the sample and the process beam through a

regulatory pressure gauge, a solenoid valve and a rubber pipe. The solenoid valve

that regulates gas delivery is controlled by Aerotech command.

In laser cutting applications, assist gas serves an important role to aid cut-through
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by pushing ablated material away. We typically use the highest possible pressure for

metal cutting (100-120 psi) to blow away melted liquid metal. Combustible gas

like oxygen is sometimes used to improve thermal cutting efficiency. In comparison,

oxygen is detrimental to laser welding processes. Most welding applications make use

of cover gas in order to shield the work-piece from atmospheric oxygen. High oxygen

level during welding increases the chance of rust in the weld seam and compromises

weld quality. An inert gas like argon is used to create a low-oxygen region along the

weld.

For hard tissue ablation experiments, bone is cut to a target depth rather than

cut-through. It was also found that bone ablation results are not sensitive to oxygen

levels. Therefore, there is no strict requirement for the type of gas and pressure

used. Assist gas is still used here to protect the optics from contamination due to

smoke or ejecta. Some bone ablation processes take up to 2 hours to run and it is

crucial to maintain gas flow without interruption. Gas tanks run out in a few hours

and cost $30-$70 per tank depending on the type. The cheapest and most viable

option for bone ablation experiment is to use continuous compressed air supply from a

departmental air compressor. I researched on required piping and filtration, acquired

the permission from the department authority and contacted Queen’s Physical Plant

Service to bring a dedicated compressed air supply line to the lab. This not only saves

cost on gas tanks, it also enabled an optics cleaning station using highly filtered air.

The compressed air line was considered a valuable addition to the lab infrastructure.
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3.3 The ICI System Specifications

There are four components of an ICI system: light source, spectrometer, reference arm

and sample arm as shown in Figure 3.3. The four components are connected by a 50:50

fiber coupler equivalent to the beam splitter in the Michelson-type interferometer

described in Figure 2.10.

Figure 3.3: There are four components of the ICI system: light source, spectrometer,
reference arm, and sample arm. The four components are connected by
a 50:50 fiber coupler. This figure is adapted from [43].
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3.3.1 Light Source & Spectrometer

The light source for the ICI system is a broadband SLD (Superlum BLM-S-840-G-I-

30). The center wavelength (λ0) is 840 nm with a spectral bandwidth (∆λ) of 23 nm.

The nominal output power is 30 mW. Figure 3.4 shows the spectral intensity plots

with linear and log scale from [44]:

Figure 3.4: The SLD spectral intensity plots with linear and log scale from [44].

Given the SLD specifications and Equation 2.5, a theoretical axial resolution of this

ICI system is calculated to be ∆z = 14 µm. The light coming out of the SLD goes

through an optical isolator (AC Photonics) which prevents any reflected light from

going back to the SLD and causing damage.

The spectrometer consists a fiber-to-free-space collimator with a 50 mm lens (OZ

Optics HPUCO-23-810-S-20AC), a volume phase holographic transmission grating

(Wasatach Photonics WP-HD1800/840), an 85 mm objective lens (Carl Zeiss Planar

T 1.4/85 ZF-IR), and a high speed CMOS line camera (Basler spL4096-140km).

The camera contains two arrays of 4096 pixels with size 10 µm× 10 µm. Vertical

binning is used to create virtual pixels that are 20 µm× 10 µm in size. The pixel
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bit depth is 12-bit. Only the central 876 pixels are used to achieve a maximum line

rate of approximately 240 kHz. The line camera is configured by the CCT+ (camera

configuration tool) software. The minimum integration time of the camera is 2 µs

under free-run mode for ICI live viewing. The camera is triggered externally by PSO

output under ExSnyc mode for 3D feedback control ablation discussed in Chapter 5.

The spectrometer is calibrated with an argon lamp with well-known emission peaks

listed by the NIST (U.S. National Institute of Standard and Technolgy) database. The

argon emission spectrum is measured by the camera such that camera pixel index can

be mapped to wavelength by matching the peaks in pixel-space and λ-space. This

relationship is unfortunately not linear; interpolation of identified peaks is performed

by fitting a 4th order polynomial. Pixel index is then mapped to wavelength according

to the polynomial interpolation.

3.3.2 Sample Arm & Reference Arm

The ICI sample arm are combined co-axially with the machining beam upon delivery

to the sample. The ICI sample arm contains an output coupler, a dichroic mirror

that transmits imaging light and reflects machining light, a 150 mm objective lens

and a cover glass. With the 150 mm objective lens the imaging light is focused to 70

µm in diameter, which is considerably smaller than the machining focus of 210 µm.

The difference allows sidewall signals to be minimized and high-aspect ratio features

to be measured, for example, during percussion hole drilling. Assist gas is delivered

inline to the sample with an entrance below the cover glass.

The reference arm comprises of a polarization controller, an output coupler, a

glass window for dispersion compensation and the reference mirror. The polarization
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controller adjusts the polarization state of reference arm light to maximize interference

at the 50:50 coupler. The reference mirror is placed on a translational stage such

the the reference arm can be adjusted to match the sample arm path length. A

glass window is added to reduce broadening of PSF due to dispersion mismatch.The

minimum FWHM of PSF for a perfect reflector is measured to be 22 µm. The design

parameters and specifications of the ICI system are summarized in the Table 3.2.

ICI Design Parameter Specification Unit

Light source wavelength 840 nm
Source bandwidth 23 nm

Theoretical axial resolution 14 µm
Measured axial resolution 22 µm

Single-sided field of view(FOV) 4 mm
Imaging focus diameter 70 µm

Maximum imaging speed 240 kHz

Table 3.2: The key specifications of the ICI system.

3.4 ICI Data Processing

3.4.1 DC Subtraction

Before any data is taken, the background source spectrum is recorded by blocking

the sample arm. The recorded data represents the largest component of the DC

terms (as discussed in Section 2.2.2) and is subtracted from all subsequently acquired

interferograms. This step is known as DC subtraction which substantially removes

artifacts near zero-delay.
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3.4.2 Gaussian Spectral Shaping

Unlike theory, the light source spectrum is not Gaussian and this non-ideality leads

to PSF broadening. This is improved by Gaussian spectral shaping such that a

more ideal Gaussian PSF is produced after Fourier transform. Spectral shaping is

achieved by first fitting a Gaussian to the source spectrum. Secondly, a multiplication

factor is generated for each pixel by dividing the measured source spectrum and the

Gaussian fit. Subsequently acquired interferograms are corrected by the a priori

calculated multiplication factors before conversion to A-lines. This step also ensures

that boundaries of the interferograms go smoothly to zero to avoid sharp drops that

introduce artifacts during Fourier transform. Spectral shaping was demonstrated

effective in reducing side lobes and producing narrower PSF shapes [45].

3.4.3 Interpolation and Mapping to k-Space

The raw interferogram data are in the form of intensity vs pixel number. From

the spectrometer calibration step described in Section 3.3.1, this data can easily be

converted into intensity vs wavelength λ. However, the interference signal Equation

2.1 requires the Fourier transform to go from k-space to z-space. Therefore, the

interferograms need to be converted into intensity as a function of wavenumber k

before Fourier transform. Mapping from λ to k is not linear given k = 2π/λ and

evenly sampled λ intervals does not yield evenly sampled k intervals. Therefore,

linear spline interpolation is a necessary step to generate evenly spaced k intervals as

required by the fast Fourier transform (FFT) algorithm.



3.4. ICI DATA PROCESSING 43

3.4.4 Fast Fourier Transform

Once the interferogram is in the form of intensity vs evenly spaced k, the fast Fourier

transform converts the data into an A-line in the form of intensity vs optical path

length (or depth) z. Only the modulus of the FFT output is considered so all intensity

values are real. The number of discrete z levels is equal to one half of the total pixel

number since the FFT output is symmetrical about zero. For the ICI system used

in this work, 896 camera pixels are used to measure the interferogram which means

there are 448 discrete levels of z in one A-line. Due to the large dynamic range of ICI,

the intensities are converted to decibel (dB) scale relative to the noise floor by taking

the base-10 logarithm followed by a multiplication of 20. An example of processed

A-line for a single mirror in the sample arm is shown in Figure 3.5.

Figure 3.5: Example of processed A-line for a single mirror in the sample arm.
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3.4.5 A-line Display and Sensitivity Rolloff

Another way to display an A-line is by using a grey-scale image where brightness

represents signal intensity in dB as shown in Figure 3.6. An ICI image is essentially

a 3D dataset formed by stacking a series of A-lines as vertical columns. The vertical

axis of an ICI image is depth and the horizontal axis is A-line number, which can

be converted into time or distance for different imaging modes (see Section 4.1.1).

If hundreds of thousands of A-line are acquired in a ICI dataset, the image output

on a computer screen or used to generate a printed picture is largely decimated by a

decimation factor (e.g., default is 50).

Figure 3.6: Left : Raw A-line data and the same A-line displayed in grey-scale where
brightness represents signal intensity.
Right : ICI image formed by multiple A-lines where the bright signal
simulates a descending sample surface.
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As discussed in Section 3.3.1, the finite camera pixel spacing sets a limit on the

highest fringe frequency that can be resolved. The fringe frequency increases as the

sample surface moves away from zero-delay and approaches the field of view boundary.

Sensitivity rolloff is the phenomenon of reduction in PSF magnitude as a result of

fringe wash-out when the fringe frequency increases. To understand this intuitively,

consider the extreme case of a single interface (i.e., one frequency) in which the fringe

signal oscillates a full cycle inside one camera pixel. The intensity detected by the

camera pixel (after DC subtraction) essentially becomes zero by integrating a sinusoid

over one period. Similarly, the signal intensity drops as the period of oscillation

approaches the camera pixel spacing. The sensitivity rolloff for the ICI system used

in this work is quantified by measuring a mirror surface at various distances from zero-

delay. A-lines acquired at 10 locations separated by 400 µm are plotted in Figure 3.7.

The sensitivity rolloff rate is approximately 5 dB/mm over the range of FOV.

Figure 3.7: Measured signal for a mirror at various depths with 400 µm spacing
through the range of FOV, exhibiting the sensitivity rolloff artifact of
ICI.
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Taking artifacts including complex conjugate ambiguity and sensitivity rolloff into

consideration, a particular side of the the zero-delay point is chosen for taking all ICI

data in this work. This choice allows deeper features, which produce less backscat-

tered light entering the collection optics than surface features, to appear closer to

zero-delay such that they are imaged with higher sensitivity.
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Chapter 4

Hard Tissue Ablation Dynamics

In previous chapters, the background of laser bone ablation, the coherent imaging

theory and the experimental apparatus are outlined. In this chapter, interpretation of

different ICI imaging modes and depth extraction techniques are detailed. ICI serves

as a a unique window to probe the ablation dynamics by monitoring bone ablation

with micron-scale depth resolution. Characterization of bone ablation is carried out

using information extracted from ICI measurements. In addition, a possible model is

proposed based on the observed characteristics.

4.1 Interpretation of ICI Images

4.1.1 M-mode and B-mode Images

There are two types of ICI images M-mode (motion mode) and B-mode (brightness

mode). An M-mode image is created by taking a series of A-lines at the same location

to record the sample change at a particular location while laser ablation takes place.
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The horizontal axis of M-mode images is time, which is converted from A-line number

(or frame number) by multiplying the acquisition rate (s/frame). M-mode images are

used to examine the ablation characteristics in this chapter.

A B-mode image provides a cross-sectional view of the sample and is generated

by acquiring A-lines at adjacent transverse locations on the sample while the laser is

off. The horizontal axis on B-mode images is distance, which is converted from A-

line number by multiplying the acquisition rate (s/frame) and sample scanning speed

(m/s). Three-dimensional (3D) morphology images can be build up with multiple

adjacent B-mode datasets by scanning over a 2D region as exploited in Chapter 5.

4.1.2 Depth Tracking by Brightest Interface

An ICI image shows the sample reflectivity profile at all depths as discussed in Section

2.2.2. Unlike OCT imaging of the eye where all layered structures are of interest, only

the sample surface depth is of interest for most ICI applications. Although subsurface

features are also visible in the ICI images since imaging light at 800 nm can penetrate

into the bone, depth tracking can be performed to extract a 2D dataset of the sample

surface depth. Tracking by brightest interface is a valid technique to extract surface

depth because the largest change of refractive index occurs at the interface between

air and the sample surface, yielding the most intense backscatter at this depth. An

example ICI data for monitoring percussion drilling in bone is shown in Figure 4.1.

The laser is set incident (from the top of the figure) at 0 s and terminated at 3 s. The

depth tracked data (in blue) is overlaid on the original M-mode image in the bottom

figure.

Due to finite lateral resolution (roughly equal to the imaging spot size) of any OCT
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Figure 4.1: Top: M-mode ICI image for bone percussion drilling.
Bot.: Depth tracking by brightest interface above 15 dB is shown in blue.

system, sample surfaces with sub-wavelength variations are susceptible to the imaging

artifact known as speckle. Speckle is commonly seen in interferometry-based imaging

techniques including ultrasound and radar. If two or more interfaces are separated

by multiples of quarter-wavelength within the coherence length, their reflected light

causes localized regions of constructive or destructive interference, or speckle [46].

Speckle is particularly visible in the subsurface features while the ablation front is

descending in Figure 4.1. This is likely due to the fast changing structures during ab-

lation. A small fraction of A-lines (typically less than 2%) have very weak backscatter

from the ablation front likely due to speckle. These A-lines are called “dark A-lines”.

Even the brightest interface in a dark A-line has low intensity and it can be far from

the true ablation front. To prevent false depth tracking, dark A-lines are filtered out
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by proper thresholding. A threshold of 15 dB is typically used, which is found to

be 3 standard deviations above the noise floor and well below the typical brightest

interface intensity of A-lines (approximately 25 dB) acquired on bone surfaces. Even

with artifacts such as speckle and dark A-lines, depth tracking by brightest interface

above threshold sufficiently tracks the sample surface with a precision similar to the

scattering length.

4.2 Ablation Characterization Using ICI

The wide parameter space of laser operation enables bone ablation under various

conditions. As a result, a large range of ablation outcomes are possible depending

on the laser parameter choice (as illustrated in Figure 4.2). Thus, the parameter

space is explored in this section to achieve desirable ablation results. The white

structures in Figure 4.2a are melted and re-solidified hydroxyapatite (HAP). Solid

HAP has a melting point of 1360◦C [47] and a boiling point of 1500 ◦C [48]). The

black carbonization/charring in Figure 4.2b indicates severe thermal damage and the

brown region in Figure 4.2c indicates minor thermal damage. Ablation with minimal

thermal damage is achieved in Figure 4.2d at 300 W.

While thermal side-effects can be estimated visually after ablation, other impor-

tant quantities including ablation efficiency (total material removal over energy de-

posited) can only be extracted from the ICI measurements. In general, parameters

that affects the ablation outcome include laser power, pulse duration, repetition rate

and inter-pulse delay (for double-pulse regime). If ablation is performed over a 2D

region like in Figure 4.2, hatch spacing and scan speed also become determining fac-

tors. In this section, the ablation efficiency dependence on bone type (Section 4.3),
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Figure 4.2: Ablation outcomes from using a range of laser powers: (a) 1100 W, (b)
800 W, (c) 500 W and (d) 300 W. Other parameters are kept consistent:
50 µs pulse duration, 400 Hz repetition rate, 0.1 mm hatch spacing and
5 mm/s scan speed. The squares are 2 mm × 2 mm in size.

pulse duration (Section 4.2.2) and inter-pulse delay (Section 4.2.3) are examined. A

possible model based on thermal relaxation and HAP micro-explosion provides some

intuitive explanations of the observed ablation characteristics (Section 4.2.4).

4.2.1 Fresh and Dry Bone Comparison

In Section 4.1.2, Figure 4.1 is an example of M-mode ICI images acquired during bone

percussion drilling, where the bottom of the ablated hole descends with increasing

pulse number. Laser exposure begins at 0 s and ends at 3 s. Depth tracking by

brightest interface successfully captures the depth trend of the hole bottom even in

the presence of subsurface features. Depth tracking is therefore utilized to significantly

reduce the amount of data that needs to be processed for extracting the bone ablation

characteristics. The M-mode image in Figure 4.1 shows three stages: no ablation

when energy deposited is below threshold (between 0 s and ∼1 s), sudden onset of

ablation, and lastly bone removal with fairly uniform ablation rate. Two quantities

can be identified in each depth tracking data: (1) the ablation threshold, defined as

the total energy deposited until ablation onset, and (2) the ablation rate, defined as
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the depth removed per unit energy deposited. It can calculated from the linear slope

of the uniformly descending ablation front.

Both fresh and dry bone are of research interest to the laser osteotomy community.

Thus, controlled experiments are conducted to compare the ablation characteristics

of fresh and dry bone under the same laser parameters. First, 10 holes are drilled at

adjacent locations on the fresh porcine tibia in the cortical layer. Next, the tibia piece

is boiled and dried before the same experiment is repeated on the dry specimen. 100

µs laser pulses of 300 W are fired at 100 Hz for both experiments. Depth tracking of

the ablation front by brightest interface (above 15 dB) is performed on the M-mode

images acquired during percussion drilling (similar to Figure 4.1). The depth tracking

datasets are plotting in Figure 4.3 where the virgin surfaces are placed at zero depth

for comparison purposes.

Figure 4.3: Tracked percussion drilling of (a) fresh and (b) dry porcine bone for 10
holes with three hundred 100 µs pulses of 300 W at 100 Hz (dot color
corresponds to different holes). The virgin surfaces are placed at zero
depth. Laser exposure starts at 0 s and ends at 3 s.

The average total ablation depth over 10 holes for fresh bone is found to be 880

µm with a standard deviation of 151 µm. The average for dry bone is larger at 1038
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µm with a standard deviation of 148 µm. The onset of ablation is identified visually

in post-processing showing the average ablation threshold to be 3.0 ± 1.3 J and 1.9

± 0.8 J respectively for the fresh and dry bone. Linear regression is performed to

each dataset from onset of ablation to the end of laser exposure at 3 s. The average

ablation rates, calculated based on the linear regression slopes, are 117 ± 15 µm/J and

134 ± 3 µm/J for fresh and dry bone respectively. Large variations in total ablation

depth are observable in each bone sample, most likely due to inhomogeneities in

bone, which result in different ablation onsets and rates. For example, blue data in

Figure 4.3a (fresh bone) show that ablation is interrupted several times, indicating

structures more resistant to ablation. The red data in Figure 4.3a (fresh bone) show

a drop in the ablation front on the order of 100 µm, which is likely due to a pore in

the bone. In comparison, the dry bone has more uniform ablation with no signs of

obvious interruptions or cavities, possibly because the boiling process removes blood

vessels and other organic compounds. Fresh bone has a shallower average depth due

to its larger ablation threshold and lower ablation rate. This is most likely due to the

presence of water (approximately 13% of fresh bone’s total weight) and intact organic

components (such as collagen and protein).

4.2.2 Pulse Duration Dependence

Similar percussion drilling experiments are conducted to examine the ablation rate

dependence on the pulse duration. Ablation rates are calculated based on the slopes

of the descending ablation fronts after the onset of ablation. The laser pulse duration

ranges from 50 µs to 300 µs with a laser peak power of 300 W (i.e., the laser pulse

energy ranges from ∼15 mJ to ∼90 mJ). The repetition rate is fixed at 100 Hz.
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The experiment is performed on dry bovine bone and the calculated ablation rate is

plotted as a function of laser pulse duration in Figure 4.4. Ablation rate is normalized

in units of µ/J, considering the pulse energy changes linearly with pulse duration.

Figure 4.4: Ablation rates extracted from percussion drilling experiments with vary-
ing pulse durations. 300 laser pulses are fired with laser power of 300 W
and repetition rate of 100 Hz.

Each data point is calculated as the average of 3 percussion drilled holes and the

error bars represent the standard deviations. Ablation never initiates with 300 laser

pulses of 50 µs duration, thus there is no data point for pulses shorter than 50 µs.

The ablation rate gradually increases for pulse durations of 60-150 µs and leveled

off for longer pulse durations. The maximum ablation rate occurs at pulse duration

of 140 µs, with an ablation rate of 153 µm/J and a standard deviation of 11 µm/J.

Given the large standard deviation at 140 µs and unpredictable inhomogeneity in

bone, a qualitative conclusion is drawn that pulse durations above 100 µs typically
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result in efficient ablation. Since longer pulse durations cause more thermal damage

with fixed repetition rate and laser power, 100 µs is determined to be suitable for

achieving efficient ablation with minimal thermal side-effects on dry bovine bone.

4.2.3 Double-Pulse Ablation

A repetition rate of 100 Hz means that there is 10 ms between laser pulses. Therefore,

a 100 µs pulse can be separated into two 50 µs pulses with an inter-pulse delay up to

5 ms without repeating the double-pulse sequence. A schematic of the double-pulse

waveform in comparison to single-pulse is illustrated in Figure 4.5a. The laser pulse

shape is measured by a photodiode. The measured pulse shapes (in red) for single

100 µs and double 50 µs pulses with 150 µs inter-pulse delay are plotted in Figure

4.5b and c respectively. PSO (in blue) is the trigger signal to gate the laser and it

represents the idealized pulse shape. On average, the double 50 µs pulse sequence has

the same amount of energy incident on the sample as a single 100 µs pulse (verified

by calculating the area of the laser pulse shape).

Interestingly, the ablation rate is sensitive to the inter-pulse delay time as illus-

trated by Figure 4.6. A single 100 µs pulse essentially corresponds to zero inter-pulse

delay. The ablation rate for single pulse is 146 µm/J with a standard deviation of 4

µm/J (marked in red). In comparison, the ablation rate is approximately 20% higher

using two 50 µs pulses with inter-pulse delay of 150-450 µs. For inter-pulse delays

longer than 2 ms, the ablation rate becomes lower than the single pulse. Note that

the rise/fall time for turning on/off the the laser is measured to be about 70-80 µs.

Therefore, inter-pulse delays smaller than 150 µs are not tested due to overlap of the

rising/falling tails of the laser pulses.
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Figure 4.5: (a) Schematic of double-pulse waveform in comparison to single-pulse at
100 Hz. (b) Measured laser pulse shape of a 100 µs pulse (in red) and
its PSO trigger signal (in blue). (c) Measured laser pulse shape of double
50 µs pulses with 150 µs inter-pulse delay and its PSO trigger signal (in
blue).

ICI is operated at 100 kHz during percussion drilling on dry bovine bone to reveal

the double-pulse ablation dynamics (Figure 4.7a). Figure 4.7b,c,d,e are magnified

regions of Figure 4.7a with increasing magnification. Laser exposure is incident on

the sample at 0 s and terminated at 2 s. Double 50 µs pulses are fired at 100 Hz

with 150 µs inter-pulse delay. Figure 4.7b shows a magnified region with uniformly

descending ablation front. Clear morphology changes are observable in Figure 4.7c

with a period of 10 ms that corresponds to the laser repetition rate. Figure 4.7d

shows the two consecutive cycles of double pulses. The sample morphology is roughly



4.2. ABLATION CHARACTERIZATION USING ICI 57

Figure 4.6: The ablation rate is about 20% higher using double 50 µs pulses with
inter-pulse delay of 150-450 µs compared to single 100 µs pulse ablation
(marked in red). For inter-pulse delays longer than 2 ms, the ablation
rate becomes lower than the single pulse rate. The laser power is fixed at
300 W.

constant between the two cycles for 10 ms. Figure 4.7e shows the morphology change

during the double pulses. A signal loss is most likely due to a fast moving sample

interface as a result of material removal. It is clear that the second 50 µs pulse

removes more material than the first one.

4.2.4 A Possible Model

Revealing the complete light-matter interaction and thermodynamical changes in-

volved in laser tissue ablation is not an easy task. Comprehensive reviews of laser-

tissue interaction are given by Niemz [49] and Vogel et al [50]. The laser-tissue

interaction can be divided into five regimes depending on the power density and the
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Figure 4.7: Double 50 µs pulses are fired at 100 Hz with 150 µs inter-pulse delay
on dry bovine bone. (a) is an M-mode ICI image acquired at 100 kHz
during percussion drilling. (b) shows a region with uniformly descend-
ing ablation front. (c) shows clear morphology changes with a period of
10 ms that corresponds to the laser repetition rate. (d) shows the two
consecutive cycles of double pulses. The sample morphology is roughly
constant between the two cycles for 10 ms. (e) shows the morphology
change during the double pulses. A signal loss is most likely due to a fast
moving sample interface as a result of material removal. It is clear that
the second 50 µs pulse removes more material than the first one.

exposure time according to [49]: photodisruption, plasma-induced ablation, photoab-

lation, thermal interaction and photochemical interaction. For energy density between

1 J/cm2 and 1000 J/cm2 as indicated by the dotted lines, all five mechanisms can

occur.



4.2. ABLATION CHARACTERIZATION USING ICI 59

Figure 4.8: Five regimes of laser-tissue interaction:photodisruption, plasma-induced
ablation, photoablation, thermal interaction and photochemical interac-
tion. For energy density between 1 J/cm2 and 1000 J/cm2 as indicated
by the dotted lines, all five mechanisms can occur. This figure is taken
from [49].

For experiments conducted in this work, the exposure time (i.e., laser pulse du-

ration) is on the order of 10−4 s. The power density at the focal spot is about 106

W/cm2. Therefore, thermal interaction is the dominant ablation mechanism for bone

ablation. Light is both absorbed and scattered in this regime. Since hard tissue is

a continuously varying medium with complicated structures, it is difficult to model

the light propagation precisely. Approximation methods treat the light absorption in

tissue as following the Beer-Lambert law. The subsequent scattering can be modeled

by the heat diffusion equation [51]. Monte Carlo method is a more sophisticated
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procedure that solves the radiant transport equation by simulating photon scattering

at discrete locations [52]. The following possible model based on thermal relaxation

is proposed to provide some intuitive explanations of the observed ablation charac-

teristics.

Upon incidence of the laser exposure on bone, light is absorbed in a surface layer

with a thickness approximately equal to the inverse of the absorption coefficient µa,

known as the absorption layer. The temperature rapidly increases in the absorption

layer which becomes thermally altered. The thermally altered layer is more absorbing

than virgin bone surface, which leads to more efficient absorption and heat accumu-

lation from subsequent laser exposure. As heat in the absorption layer dissipates into

the surrounding tissue, the tissue temperature decays as a function of distance from

the source of laser exposure. An important quantity in this heat diffusion process

is the thermal relaxation time, which is defined as the time required for the peak

temperature to decrease to 1/e of the total rise [53]. The thermal relaxation time

τr is often estimated by τr = (4κµa
2)−1, where κ is the thermal diffusivity of tissue.

The relaxation time is calculated to be 16 s for dentin (a hard tissue very similar to

unaltered bone) at wavelength of 1.06 µm using µa = 2.5 cm−1 κ = 0.25 mm2/s [16].

Thermal confinement can be achieved when the laser pulse duration is comparable to

the thermal relaxation time [50]. Under this condition, ablation is mainly confined

to the absorption layer thus producing minimal thermal damage [54].

The ablation rate dependence on pulse duration quantified in Figure 4.4 can be

explained by the thermal relaxation model. For pulse durations shorter than 50 µs,

there is not enough heat to increase the tissue temperature to produce a thermally
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altered layer. Without the enhanced absorption of the thermally altered layer, ab-

lation never initiates. For pulse durations of 60 µs and longer, the temperature in

the absorption layer is high enough to thermally alter the tissue. The tissue is then

efficiently ablated by the subsequent laser exposure. Ablation rate is the highest for

long pulse durations of 100-300 µs. This is likely due to the formation of sufficient

thermally altered zone that enhances absorption and ablation, however, the detailed

thermal modification of bone is not clear. It is possible to involve denaturation,

carbonization, hydroxyapatite melting and others.

Interestingly, considerable amount of white powder is found in the vicinity of

ablated sites as ablation byproduct using double pulses (Figure 4.9a). Ejecta are

also visible in ICI images which show up as bright signals above the ablation front

(Figure 4.9b). This suggests that ablation is driven not only by vaporization, but

also by explosive processes similar to the water micro-explosion theory as discussed

in Section 2.1.2. Hydroxyapatite is likely playing the role of water given its abundance

in bone (about 60%).

Pure sintered hydroxyapatite powder is provided by Atakitin Inc. from Portugal.

I tested the idea of “HAP powder welding”, which has potential application of joining

artificial bone implant to natural bone. HAP powder is melted by 150 W CW laser

exposure with a scan speed of 50 mm/s in nitrogen environment. Naturally-occurring

HAP embedded in bone is in very different form compared to the HAP powder.

However, it is likely that HAP in bone is melted during ablation followed by explosive

boiling that blow off material. The explosive process likely removes material more

efficiently than vaporization.

The HAP micro-explosion hypothesis offers an intuitive explanation for the 20%
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Figure 4.9: (a) White powder is found in the vicinity of ablation sites, suggesting that
materials are ejected by explosive processes. The scale bar is 500 µm. (b)
Ejecta is also visible in ICI images which show up as bright signals above
the ablation front.

increase in ablation rate by double 50 µs pulses with inter-pulse delay of 150-450 µs

shown in Figure 4.6. The first 50 µs pulse heats up the absorption layer and results in

heat dissipation during the inter-pulse delay time to form a thermally altered layer.

The second 50 µs pulse is better absorbed by the thermally altered tissue, which is

removed efficiently through HAP micro-explosions (as indicated by Figure 4.7e). In

the case of ablation by single 100 µs pulses, the temperature near the ablation front is

higher without inter-pulse delay for heat dissipation. It is possible that the explosive

processes are less efficient in this regime compared to double pulses, resulting in a

lower ablation rate.

The thermal relaxation time is most likely in the range of 150-450 µs, since the

ablation rates drop quickly for inter-pulse time much longer than 450 µs. For inter-

pulse delay longer than 2 ms, heat is dissipated over an extent that is too large to

enhance ablation upon the arrival of the second pulse, resulting in an ablation rate

even lower than the single pulse regime. The experimental value is quite different

from the theoretical estimate of 16 s. The large difference is most likely due to the
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property change of bone during ablation. This is additional evidence that the ther-

mally modified state has a much higher absorption coefficient µa, since the thermal

relaxation time is inversely proportional to the square of µa. It is very challenging to

theoretically estimate the thermal relaxation time of the altered bone, since the exact

material modification and related property change are unknown. Nevertheless, the

experimental value of 150-450 µs is comparable to thermal relaxation time estima-

tions for water-driven ablation mechanisms (45 µs and 7 µs for 10.6 µm and 2.94 µm

respectively [16]). This is a potential clue that HAP micro-explosion is an important

material removal mechanism for double-pulse ablation.
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Chapter 5

ICI Closed-loop Feedback Control

With the understanding of ICI depth tracking capabilities and basic characteristics

of laser bone ablation by a 1070 nm fiber laser, I strive to integrate these two ares

of knowledge and experience to achieve depth controlled bone ablation with minimal

thermal damage. A dedicated LabVIEW program is developed to synchronize sample

scanning, ICI depth measurement, and laser exposure. Fully automated 3D bone

ablation is demonstrated using this program. Moreover, the heat-affected zone (HAZ)

of the ablated morphology is quantified by histological examination.

5.1 1D Hole Ablation

From the results presented in Chapter 4, it can be concluded that the bone ablation

process is overall non-deterministic. In some surgical applications, it is desirable to

drill to a certain depth regardless of the initial surface conditions (roughness and tilt).

Here we show drilling with fixed laser parameters does not result in consistent depth.

Figure 5.1a is a B-mode ICI cross-sectional image demonstrating the variability
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Figure 5.1: Percussion drilled holes with 100 µs pulses at 100 Hz in bovine dry bone.
(a) Five holes drilled with open-loop ablation. (b) Five holes drilled with
closed-loop ablation enabled by ICI.

of drilling with constant laser parameters on dry bovine bone. Five holes are drilled

with two hundred 30 mJ pulses of 100 µs at 100 Hz. The standard deviation is found

to be 203 µm from the mean for the open-loop ablation. In comparison, Figure 5.1b

shows five holes drilled using the same laser pulse parameters with the addition of

ICI closed-loop feedback, where drilling is terminated once a target depth of 2000 µm

is reached. The hole depths show much better consistency, with a standard deviation

of 39 µm from the mean (more than 5 times better than open-loop ablation). The

open-loop holes are drilled on the same bone sample, very close to each other, on a
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fairly flat surface. In a clinical setting, without these preconditions it is likely that

the precision for a system without closed-loop feedback would be much worse. It is

also worth pointing out that there is no a priori way of determining the local ablation

rate of a sample of bone, so depth feedback control is necessary if cutting is performed

above critical structures or tissues like in spinal surgery.

5.2 2D Trench Ablation

Surgical procedures often require a two-dimensional incision along a straight (or

curved) path to a desirable depth. In Figure 5.2, a 1 cm long incision is cut to a

target depth of 1000 µm using ICI closed-loop feedback control on dry bovine bone.

In Figure 5.2a, the virgin bone surface is imaged by ICI, and the yellow line indicates

the target depth of the incision. With the scan speed of 5 mm/s, an A-line is acquired

every 50 µm (smaller than the imaging spot size to ensure spatial oversampling and

prevent under-drilling). If the brightest interface in an A-line is shallower than the

target depth, the laser fires a pulse. If the target depth has been reached or exceeded,

no laser pulse is fired. In Figure 5.2b, the final trench shows excellent agreement with

the target shape and the precision is verified in the following section.

5.3 Ex Situ Verification

An independent stylus profiler (Bruker DektakXT) is deployed to measure sample

morphology ex situ. The stylus profiler has high axial resolution (sub-nm) but due

to the finite transverse size of the stylus, it cannot be used for the narrow features

shown in Figure 5.1 and Figure 5.2. To avoid limitations of the profiler, a wide feature
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Figure 5.2: A trench is drilled in bovine dry bone with the target depth of 1000 µm.
(a) Bone virgin surface with indicated target depth. (b) Ablated trench
showing excellent agreement with the pre-specified target shape.

with a triangle wave pattern is designed. The target depth is specified every 50 µm

as indicated by blue dots in Figure 5.3. The feature is ablated on dry bovine bone

with 100 µs pulses of 30 mJ and a scan speed of 5 mm/s using automatic closed-loop

feedback control. The ablated shape is measured by the profiler ex situ (red dots in

Figure 5.3). A standard problem of using ex situ analysis to verify final morphology

is co-registration of the final sample with the target shape (i.e., tilt and translation of

one dataset relative to the other). Co-registration of the two datasets is achieved in

three steps: downsampling of profiler data, tilt compensation, and horizontal location

matching. The profiler data is originally sampled every 0.825 µm, while the target
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map spacing is 50 µm, so the profiler data is downsampled by averaging. The regions

shown in grey in Figure 5.3 are used for co-registering the two datasets. Tilt compen-

sation and horizontal translation of the profiler dataset are performed to minimize

the RMS deviation for data in the grey regions. The RMS deviation of the central

zone is found to be 12.6 µm indicating excellent agreement, which serves as a clear

ex situ verification of ICI depth feedback control. An overall vertical offset error in

the final morphology cannot be assessed due to the co-registration procedure. It is

unlikely given excellent agreement demonstrated by Figure 5.2.

Figure 5.3: The model morphology of a triangle wave is shown in blue. The profiler
measurement is shown in red. Profiler data was acquired by me and
analyzed by Sacha Ruzzante.
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5.4 Software Design Considerations

The goal for this section is to laser cut user-defined morphology on bone utilizing

ICI feedback control. A dedicated LabVIEW program handles the synchronization of

sample scanning, ICI measurements, laser firing and recording sample morphologies.

The target morphology is designed as an n × m matrix. Each matrix element repre-

sents the target depth at a particular location (or a square pixel). An n × m grid is

pre-defined in the Aerotech code to identify the region for raster scanning. A 10 ×

10 grid with equally-sized pixels is given as an example of the raster scan pattern in

Figure 5.4. A PSO trigger is generated by Aerotech when the laser passes the center

of each pixel (i.e., the red dots). The Aerotech code for raster scanning is attached

in the Appendix.

Figure 5.4: The 10 × 10 grid with equally-sized pixels is an example of raster scan
region. The scanning path is indicated in blue. A PSO trigger is generated
when the laser passes the center of each pixel (i.e., the red dots).

Each PSO signal triggers the camera to capture an interferogram, which is ana-

lyzed by the LabVIEW program to extract the depth at that particular pixel. The

decision of whether to fire the laser or not is made based on the comparison between
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the current pixel depth and the target depth. The larger and more complicated mor-

phology of a 3D feature increases the time required for ablation. Both the number

of pixels shallower than the target depth and the root mean square (RMS) deviation

from the target shape decrease as the number of scans increases. The RMS deviation

is used here as a measure of the average difference between the designed and ablated

shape. The scan stops when the RMS deviation is less than a pre-specified threshold.

The details of the 3D ablation algorithm are illustrated by the flowchart in Figure

5.5.

Note that another way to implement this is to fire the laser at the current pixel

until reaching the target depth before moving on to the next pixel. This method

only requires scanning over the region of interest once, which likely results in faster

material removal rate but creates a much larger heat-affected zone. It is intuitive to

understand the trade-off between the removal rate and the level of thermal damage,

both of which depend on how fast energy is delivered to the bone. For this work,

heat-affected zone minimization is considered the design priority at the sacrifice of

speed.

5.5 Automated 3D Morphology Ablation

Using the LabVIEW program, user-defined 3D features are laser ablated on bone.

This is a proof of concept for surgery applications where a complex treatment cutting

path might be required. Laser parameter space is explored to find the balance between

high ablation efficiency and minimal thermal damage. Parameters of two 50 µs pulses

with an inter-pulse delay of 150 µs are found to be suitable. A pixel spacing of 50

µm × 50 µm is used. This design allow sufficient spatial overlap between adjacent
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Figure 5.5: Flowchart of the 3D ablation algorithm. Sample scanning, ICI measure-
ments and laser firing are synchronized at every pixel.

firing events since the laser spot size of 210 µm is considerably larger than the pixel

size. The maximum scan speed is 5 mm/s with lower values at the end of lines due

to switch of direction. The scanning motion is overall smooth and does not pause at

each pixel. A quick calculation can estimate the shift of laser focus while the laser

is firing: (50 µs + 150 µs + 50 µs) × 5 mm/s = 1.25 µm. Since laser firing occurs
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after the ICI depth measurement, there is also shift of the laser firing location to the

center of pixels. The data processing time for an A-line is roughly 500 µs, so the shift

is calculated as 500 µs × 5 mm/s = 2.5 µm. These shifts are much less than the

ablation laser spot size of 210 µm, so they are considered negligible.

Figure 5.6: (a) Designed model, (b) ablated feature and (c) photograph of the Bessel
morphology. Feature is ablated on dry bovine bone. Data analysis was
performed by me and Sacha Ruzzante.

To demonstrate the flexibility of the 3D laser ablation process, a complicated

feature is designed. A Bessel shape is computed using the MATLAB built-in Bessel

function of the first kind with order 1 and cylindrical symmetry (Figure 5.6a). The

designed feature has a size of 6 mm × 6 mm and depth range of 2000 µm, specified

by a 120 × 120 matrix. Each matrix element corresponds to a pixel target depth

with an area of 50 µm × 50 µm. The scan speed is set at 5 mm/s and PSO is

generated at every pixel during raster scanning. The Bessel shape is ablated using

ICI closed-loop feedback control into dry bovine bone (Figure 5.6c). The final feature

is measured by ICI after ablation has finished (Figure 5.6b). The RMS deviation
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between the designed model and the ablated feature is 108 µm. It can be noted

from Figure 5.6b that most deviation occurs at boundary of the feature. The finite

ablation beam focus size (210 µm in diameter) limits the precision of ablating abrupt

edges with steep slopes (89◦ by design). To explore this further, the RMS deviation

is calculated for two separate regions: (1) the center 116 × 116 pixels (5.8 mm ×

5.8 mm) that correspond to the Bessel shape (with maximum slope of 74◦) and (2)

the outer two pixels on each side (100 µm, about half the size of laser focus) that

correspond to the boundary edges. For the central region the RMS deviation is 59

µm, showing good agreement with the designed model. For the outer pixels the RMS

deviation is 357 µm, showing this technique has limited precision in creating abrupt

features. By considering only the outer two pixels we find that the median slope is

81◦, which can be interpreted as an estimate of the upper bound for steep edges with

these laser and raster scan parameters. Techniques that would likely increase this

bound include beam shaping (e.g., generating a top-hat intensity distribution at the

sample surface), trepanning and/or dynamic control of the cutting angle enabled by

robotic deployment. Nevertheless, the complexity of the Bessel shape and the good

agreement of the central region demonstrate the flexibility of ICI-guided ablation.

To quantify the precision of the automated 3D ablation, a 3D inverted pyramid

shape is ablated in bone and its morphology is measured by the stylus profiler. The

feature has a size of 3 mm × 3 mm and a depth range of 1.2 mm. Co-registration

procedure similar to profiler data presented in Figure 5.3 is performed. The RMS

deviation of the measured morphology from the model shape is found to be 160 µm.

The model shape, the profiler measurement and their difference are plotted in Figure

5.7 respectively. In general, steep features with high-aspect ratio are more challenging
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Figure 5.7: A 3D inverted pyramid is ablated on dry bovine bone. The model shape,
the profiler measurement and their difference are plotted respectively.
The largest differences occur at the steep edges. Profiler data was taken
by me and analyzed by Sacha Ruzzante.

to ablate than shallow and smooth features. The largest differences occur at the steep

edges due to reasons mentioned above.
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5.6 Histological Examination of Thermal Damage

As shown in Figure 5.8, various 3D morphologies are ablated using the automated

program to demonstrate the versatility of this procedure. In general, the heat-affected

zone (indicated by the carbonized tissue) is more severe for morphologies that have

high-aspect ratio structures.

Figure 5.8: Various morphologies are ablated on dry bovine bone using the automated
program, showing versatility of this procedure. All the square features are
6 mm × 6 mm in size.

The heat-affected zone appears to be small for certain morphologies by visual in-

spection. To quantify the extent of HAZ and compare to results by other researchers,
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histology (the gold standard) is used for assessing thermal damage in fresh and dry

porcine tibia. Immediately after ablation, bone specimens are fixed with formalin

solution for 48 hours. Subsequently, the specimens are then decalcified with HCL

solution, dehydrated with alcohol solutions and embedded in paraffin. A number of

5 µm thick sections are cut out parallel to the axis of the laser beam. The sections

are then stained with haematoxylin and eosin (H&E) and examined under a light

microscope. The extent of heat-affected zone can be quantified by the color change

in the histology sections.

The feature examined by histology is a 3D inverted pyramid shape with a size of

3 mm × 3 mm and depth range of 1.2 mm (shown in Figure 5.9a). The feature is

ablated onto dry porcine tibia using ICI depth feedback control and the same double

pulse parameters as before. The black line indicates the cut direction for obtaining

the cross-sectional view shown in Figure 5.9b. HAZ of dry and fresh porcine tibia are

indicated by the arrows in Figure 5.9c and d with an extent of 5-10 µm. These are

much better results than previously reported with the same laser source [25], and are

similar to HAZ reported for water-explosion driven CO2 laser ablation [55]. Abrupt

edges are found to have larger HAZ compared to smooth features, due to the tails of

the Gaussian-profile laser beam, which heat the surrounding bone without ablating

it. Beam shaping techniques can be used to reduce this effect. Thermal damage can

be minimized by designing features with gradual changes in height. The small HAZ

identified for the 1070 nm fiber laser shows promising potential for future clinical

deployment.
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Figure 5.9: A 3D inverted pyramid shape (3 mm×3 mm in size) is laser milled on dry
porcine tibia in (a), black line indicates line of cut for the cross-sectional
view in (b). The black box in (b) indicates the region to be magnified
in (c). Black arrows help visualize the HAZ in both dry (c) and fresh
(d) porcine tibia. The HAZ is found to be similar in both cases with an
extent of 5-10 µm.
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Chapter 6

Conclusions and Future Work

Lasers are emerging as surgical tools due to their high transverse flexibility and non-

contact cutting nature. The innate heterogeneity of bone makes laser ablation non-

deterministic even for fixed laser parameters. This is problematic because cutting

depth control is extremely important in clinical operations where soft tissue lies un-

derneath ablated bone structures. Inline coherent imaging is a diagnostic tool that

is combined co-axially with the ablation laser such that in situ real-time depth mea-

surements can be obtained during bone ablation processes. The bone ablation char-

acteristics are examined by performing ICI-monitored bone percussion hole drilling

experiments. Ablation rate and threshold are determined from the ICI depth track-

ing data of the hole formations. It is found that the threshold energy required to

initialize the onset of ablation varies considerably and the rate is fairly constant once

ablation starts. Laser operation parameter space is explored to achieve a balance of

high ablation efficiency and minimal thermal side-effects. For laser power of 300 W

and repetition rate of 100 Hz, double-pulse ablation using two 50 µs pulses with an

inter-pulse delay of 150 µs produces the most desirable results. Thermal relaxation
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and carbonization in tissues likely account for the improved ablation efficiency of

double-pulse regime compared to single-pulse.

Automatic closed-loop feedback is implemented to control the ablation depth;

1D (holes), 2D (trench), and 3D (various morphologies) features are produced to

demonstrate the effectiveness of the feedback system. ICI feedback control is further

verified by ex situ measurements with an independent stylus profiler. These results

have great significance for surgical applications where laser cutting depth is critical.

Histological examination is performed on laser ablated 3D features. The heat-affected

zone for features with little charring is quantified as 5-10 µm. This is the first work

to report minimally heat-affected bone ablation with an ytterbium-doped fiber laser

at 1070 nm. This result is unexpected given the general acceptance of the water

micro-explosion mechanism and the low water absorption at 1070 nm. The limited

thermal side-effects in combination with the ICI-enabled high precision depth control

suggest that ytterbium-doped fiber lasers can be deployed as promising surgical tools

with advantages of robustness, high-power output, and low operating costs.

There are several possibilities for future research to build upon this work. One

direction is to further improve the ablation removal rate with higher laser power

and repetition rate. In the current implementation, there is considerable travel time

(10 ms) between pixels in the 3D ablation process. The reason is that the time for

heat dissipation between laser pulses is included, resulting in a duty cycle of 1%

(100 µs pulses out of 10 ms). The duty cycle (and thus ablation speed) could be

dramatically increased while maintaining the heat dissipation time between adjacent

pixels by deploying scanning mirrors and a more sophisticated raster scan pattern.

Deployment of scanning mirrors will also benefit clinical applications by allowing
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quick and flexible movement of the laser beam.

Another direction is to testify the proposed ablation model based on thermal re-

laxation. In-process temperature measurement of the ablated sample can reveal the

macroscopic thermal effects and shed light on the thermal relaxation time. More

sophisticated mathematical modeling can also be pursued to simulate photon absorp-

tion and heat diffusion in bone. Chemical analysis of the ablation byproduct white

powder would also be very useful. Comparison of the chemical composition of the

ablation byproduct and the bone sample can provide insights on the hydroxyapatite

micro-explosion hypothesis. Moreover, integration of an ICI system with an Er:YAG

or CO2 laser can lead to a new regime of research since Er:YAG and CO2 lasers are

commonly believed to be most clinically viable. Controlled 3D ablation using these

laser sources has the potential for higher speed and less thermal side-effects.
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Appendix A

A.1 MATLAB Code for Coordinates Transforma-

tion

function [ICI vectors] = CTtoICI(CT vectors)

%Written by Chenman Yin

% Comment is indicated by the sign %

% This function transforms a set of vectors in CT reference frame O with (x,y,z)

% coordinates to a set of vectors in ICI reference frame O’ with (x’,y’,z’) coordi-

nates

% CT vector coordinates are given by V = [x1,y1,z1; x2,y2,z2; ...xn,yn,zn]

% ICI vector coordinates are given by U = [x1’,y1’,z1’; x2’,y2’,z2’; ...xn’,yn’,zn’]

% CT frame is obtained by a rotating the ICI frame around an arbitrary axis

% through the origin followed by an arbitrary translation. Rotation is represented

% by a 3x3 rotation matrix R. Translation is represented by a 3x1 vector o.

[R, o] = RotMatrix( v1,v2,v3,u1,u2,u3,o );

% Rotation and translation specification
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A = [R, o’];

t = [ 0,0,0,1];

% Homogeneous Transformation Matrix

A = [A;t];

% Given CT vector coordinates

V = CT vectors;

% Computation of ICI vector coordinates

[Nrow, Ncol] = size(V);

U = zeros(Nrow, Ncol);

for n = 1: Nrow

p1 = [V(n,:),1]’;

p0 = A*p1;

p0 = p0(1:3);

U(n,:) = p0;

end

ICI vectors = U

end

function [R, o] = RotMatrix( v1,v2,v3,u1,u2,u3,o)

%Written by Chenman Yin

%This function calculates the rotation matrix between from the ICI

% reference frame to the CT reference frame

% There are four co-registration points on the bone. One of them is the origin

% of ICI frame(the origin can be arbitrarily positioned), so vector o

% is the coordinates of this point measured in the CT reference frame
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% For the other three registration points:

% v1-v3 are the measured coordinates in ICI reference frame

% u1-u3 are the measured coordinates in CT reference frame

% In order to solve for 3x3 matrix R, we need 9 equations to solve 9 unknown

% and this can be turned into solving a 9x9 matrix

% CT frame (before rotation)

p1 = v1;

p2 = v2;

p3 = v3;

% ICI frame (after rotation)

q1 = u1;

q2 = u2;

q3 = u3;

q1 r = q1-o;

q2 r = q2-o;

q3 r = q3-o;

six z = zeros(1,6);

three z = zeros(1,3);

M 1 = [ p1, six z ];

M 2 = [three z, p1, three z ];

M 3 = [ six z, p1 ];

M 4 = [ p2, six z ];

M 5 = [three z, p2, three z ];

M 6 = [ six z, p2 ];



A.2. AEROTECH CODE FOR RASTER SCANNING 92

M 7 = [ p3, six z ];

M 8 = [ three z, p3, three z];

M 9 = [ six z, p3 ];

M 9x9 = [M 1;M 2;M 3;M 4;M 5;M 6;M 7;M 8;M 9];

primed = [q1 r,q2 r,q3 r]’;

R elem = (M 9x9)’;

R1 = R elem(1:3);

R2 = R elem(4:6);

R3 = R elem(7:9);

R = [R1; R2; R3];

end

A.2 Aerotech Code for Raster Scanning

’Code originally written by Yang Ji, modified by Chenman Yin. Comment is indicated

by the sign ’

DEFINE LENGTH 3

’[mm] LENGTH OF SCANNING REGION

DEFINE WIDTH 3

’[mm] WIDTH OF SCANNING REGION

DEFINE SPACING 0.05

’[mm] PIXEL SIZE

DEFINE SPEED 5

’[mm/s] SCANNING SPEED
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DVAR $FOREVER

DVAR $MYVAR

$DO[9].X=1 ’ TURN GAS ON

$FOREVER=1

G90 G1 X0 Y0 Z0 F40

POSOFFSET SET X0 Y0 Z0

’SET THE CORNER OF THE AREA TO BE (0,0,0)

DWELL 1

RAMP RATE ACCEL X 50

WHILE $FOREVER < 2 DO

”””””””””””””””’PSO SETTING”””””””””””””’

INCREMENTAL

PSOOUTPUT X CONTROL 0 1

PSOPULSE X TIME 5, 2

PSOTRACK X INPUT 0

PSOTRACK X DIRECTION 0

PSOWINDOW X 1 INPUT 6

PSOWINDOW X 1 RANGE -UNITSTOCOUNTS(X,0), -UNITSTOCOUNTS(X,LENGTH)

PSODISTANCE X FIXED -UNITSTOCOUNTS(X,SPACING)

PSOOUTPUT X PULSE WINDOW MASK

LINEAR X -SPACING/2

DWELL 1

PSOCONTROL X ARM

””””””””””””””’RASTER SCAN””””””””””””””’
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F SPEED

FOR $MYVAR = 1 TO (WIDTH/SPACING) STEP 2

LINEAR Y SPACING/2

PSOWINDOW X 1 ON

LINEAR X (LENGTH+SPACING/2)

PSOWINDOW X 1 OFF

LINEAR X (SPACING/2)

LINEAR Y SPACING

PSOWINDOW X 1 ON

LINEAR X (-LENGTH-SPACING/2)

PSOWINDOW X 1 OFF

LINEAR X (-SPACING/2)

LINEAR Y SPACING/2

NEXT $MYVAR

PSOWINDOW X 1 OFF

ABSOLUTE

LINEAR X0 Y0 F5

PSOCONTROL X OFF

ENDWHILE

$DO[9].X=0 ’ TURN GAS OFF


