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Abstract 

Diffuse spectroscopic imaging of breast cancer with near-infrared (NIR) light can 

be integrated into magnetic resonance imaging (MRI), to provide local molecular 

information about the tissue regions. Dynamics within the tissue from pulsatile blood 

volume and oxygenation levels can be indicative of pathogenic events such as cellular 

proliferation and angiogenesis.  Additionally the pharmacokinetics and leakage of optical 

contrast agents within these tissues can be helpful in tumor diagnosis. Measurement of 

these events can require a fast imaging system, and in this work a new data acquisition 

design was studied, which can greatly improve the imaging speed and realize dynamic 

contrast imaging with combined NIR-MRI exams. 

This study demonstrates the technology and methodology to build a NIR 

tomography system with spectrally-encoded sources in two wavelength bands which is 

capable of quantifying the temporal oxyhemoglobin and deoxyhemoglobin contrast in 

breast tissue at a 20 Hz bandwidth. The system was integrated into a 3T MRI system 

through a customized breast coil interface for simultaneous optical and MRI acquisition. 

In this configuration, the MR images provide breast tissue structural information for NIR 

spectroscopy of adipose and fibro-glandular tissue in breast. System stability and noise 

were carefully characterized, and different reconstruction methods were compared to 

optimize image quality. Spectral characterization and dynamic performance of the NIR 

system were verified through a series of phantom experiments. Normal human subjects 

were imaged with finger pulse oximeter (PO) plethysmogram synchronized to the NIR-

MRI system to provide a frequency-locked data reference. Both the raw data from the 

NIR system and the recovered absorption variation of the breast at two wavelengths 
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showed the same frequency as the PO output, indicating that this system can recover the 

temporal absorption changes caused by breast hemodynamics.  The system was used to 

spectrally characterize changes in normal fibroglandular and adipose tissue.   
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Chapter 1. Introduction 

1.1 Overview 

Near-infrared spectral tomography has been extensively studied to measure 

functional properties of breast tissue, with an aim of providing fundamental insight or 

diagnostic information about breast cancer  management [1]. This study describes the 

technology and methodology to build a high-performance high-speed dual-wavelength 

near-infrared (NIR) tomography system to quantify the temporal absorption contrast 

available in breast tissue. The technological focus is to refine a system that is capable of 

recovering real-time hemoglobin content and oxygen saturation within tissue, by means 

of synchronized high-speed detection of spectrally-encoded laser sources in two 

wavelength bands. To improve the accurate and the resolution of the high-speed 

reconstruction results, the NIR system was integrated into a clinical magnetic resonance 

(MR) system, and synchronized with a finger pulse oximeter (PO). Two healthy human 

subjects were examined with this multi-modal design, and the results proved this multi-

modality design can recover the small pulsatile variation of absorption property in breast 

tissue related to the heartbeat. And it also showed the system’s ability on novel contrast 

imaging of fast flow signals in deep tissue. 

1.2 Breast Cancer and Current Clinical Imaging Techniques 

Breast cancer is the 2nd most common cancer diagnosed among women, excluding 

skin cancer. It is estimated that there will be 207,090 new cases and 39,840 deaths from 

breast cancer in the United States in 2010 [2]. One key to decrease the death rate of breast 
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cancer is early diagnosis, simply because all cancers have much higher probability to be 

cured when they are detected at an early stage. In a statistical analysis carried out by 

National Cancer Institute, considering all women diagnosed between 1996 and 2003, the 

5-year survival rate was 98% for those with localized disease, 84% for those with 

regional disease, and 27% for those with distant-stage disease [3], as shown in Figure 1.1. 

Therefore, biennial screening mammography is strongly recommended by the U.S. 

Preventive Services Task Force for women between the ages of 50 and 74 years [4]. 

 

Figure 1.1. Five-Year Survival Rates by Stage at Diagnosis and Race [3] 

The most widely adopted technique of breast imaging is x-ray mammography, 

which is the standard tool of biennial screening for early detection of breast cancer [5]. 

This technique uses low-energy X-rays to image the compressed breast, and a projected 

image of the internal interaction coefficients within tissue is developed. On average, 

mammography will detect about 80%-90% of breast cancers in women without 

symptoms [3], and it has been studied in many randomized blinded clinical trials to show 

that its regular use in screening can lead to decreased deaths from breast cancer [6-8]. But 

mammography still comes with higher false-negative and false-positive, especially for 



- 3 - 
 

dense breast tissue which is common in women prior to menopause. About 20% of all 

breast cancers are missed [9], and statistically there would be 55 additional false-positive 

screens for each additional breast cancer detected [10], which results in large portion of 

unnecessary biopsy procedures.  

MRI is even more sensitive than mammography, but it is utilized at a cost of higher 

false-positive results, and very high economic cost [11]. The imaging exam involves 

injection of Gd-based contrast agent, which is known to have a slight morbidity risk in 

patients with compromised kidney function [12]. So MRI is only recommended as a 

supplement for mammography in complex cases, or for women in pre-defined categories 

that are at higher-risk for onset of familial cancers [13]. 

Ultrasound has been accepted only as a complementary method, because of its 

unique effectiveness in distinguishing between fluid-filled cysts and solid tumors [14], 

and its high operator dependence. It has not been proven as a useful screening standard 

beyond this application [15]. 

Other emerging techniques, such as positron emission tomography (PET) scan and 

Electrical Impedance Scanning are still under clinical trial and evaluation [14]. The 

routine acceptance of these does not appear to be in the immediate future, and conclusive 

multicenter trials have not been performed.  

1.3 Development of Optical Imaging & Pulse Oximetry 

The non-invasive and non-ionizing features of biomedical optics have long 

attracted the investigative work of researchers. The first optical transillumination 

experiment to document the imaging of breast tumors was done as early as 1920s’, prior 

to the use of x-ray imaging, but the images were blurry because of the high scattering in 
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breast tissue [16]. Due to the physical limitations of light scattering in tissue, as well as 

limitations in instrumentation, algorithms and computational capacity, the application of 

biomedical optical imaging was very limited [17].  

At the same time, research of measuring optical absorbance in tissues to monitor 

oxygenation found its niche and kept moving forward. Human cell function is sustained 

by oxygen transport, and lack of oxygen can quickly lead to irreversible damage to cell 

tissue, and this damage is even bigger for cell tissue with a high metabolic rate. Skeletal 

muscle can survive for 2 hours after anoxia, but the heart can only remain ischemic for 5 

minutes, and cerebral cortex will be damaged in less than 1 minute [18]. Therefore 

oxygenation information is always important in clinical work and physiological research 

fields. Traditional methods to measure oxygen content in blood are chemical reaction 

based, such as the Van Slyke method and use of the Clark electrode [19]. Although very 

accurate, these methods are very slow and can only be used in vitro, and no continuous 

monitoring can be performed. The first reliable oximeter didn’t present itself until 1976 

when HP marketed its ear oximeter HP47201A. This oximeter didn’t require calibration 

by squeezing blood from the ear like earlier oximeters, and its accuracy was improved by 

using 8 wavelengths. It was served as a “gold standard” for oximetry for a long time. But 

still it was large and heavy, and had a bulky, awkward earpiece [20]. 

In 1972, Takuo Aoyagi, a bioengineer, invented the method to measure a ratio of 

red to infrared light absorption through tissue, extracting out the pulsating components 

[21]. This methodology gave birth to a kind of small and easy-to-use device called pulse 

oximeter which can provide accurate, continuous and real-time oxygen saturation 

monitoring. However, the oxygen saturation level measured by a pulse oximeter, usually 
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represented by 𝑆𝑝𝑂2 , is the percent of hemoglobin molecules bound with oxygen 

molecules only in the pulsing arterial blood, and those of venous blood, skin, bone, 

muscle, fat are all excluded. Pulse oximetry is different from another optical imaging 

technique called NIR spectroscopy which will be discussed in section 1.4, because the 

oxygen saturation value recovered by the latter technique is a ratio of oxygenated 

hemoglobin to total hemoglobin in the microcirculation of a volume of illuminated tissue, 

and is represented as  in this thesis. 

Typically two LDs at 660 nm and 940 nm are placed on one side of a pulse 

oximeter as the light sources. And two detectors are placed on the other side, which 

typically are photodiodes with optical filters in front to block light of either wavelength. 

After a pulse oximeter is attached to a finger or earlobe of the patient, the pulsation of 

optical signal at both wavelengths are measured at high speed, typically in the kHz range. 

For each wavelength, the ratio of the pulsing part of the signal versus the static part is 

calculated. Then one ratio is divided by the other, and the resulting number can be related 

to through beer’s law, although calibration is needed in practice.  

This approach to measure oxygen saturation from arterial blood flow pulsation is 

delicate and useful for regional measurements of physiological health, and is the principle 

for current generation of commercial pulse oximeters. The “next generation” pulse 

oximeters are still based on this principle, but can effectively reduce motion artifacts by 

introducing more complicated signal processing algorithms. An example is the adaptive 

filter technique by Masimo to model and remove the motion noise from the signal in real-

time [22]. Current light transport models techniques, including Monte Carlo simulations 
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and/or the diffusion equation, can be used to estimate signals but generally still require 

significant calibration effort to be useful in routine clinical use.  

Although only the oxygen level in the arterial blood is measured, nowadays pulse 

oximeters have found enormous utilities in the measurement of oxygen saturation in vivo, 

and have become critically important in emergency medicine. Typical applications 

include anoxia monitoring during surgery under anesthesia, arterial oxygen saturation 

monitoring of both the mother and the fetus during childbirth, sleep and physical stress 

studies [19]. 

 

Figure 1.2. Pulse oximeter. (a) a typical fingertip pulse oximeter.(b) Light 

Absorbance in a finger [20].  

1.4 NIR Spectroscopy of Tissue 

Unlike X-ray which propagates through breast tissue with a weak Compton scatter 

and photoelectric effect attenuation, the path optical photons take in tissue is much more 

scatter dominated by elastic Mie scattering events. Absorption and scattering events 

accompany incident photons all the way, and the probability of these events depends on 

two factors, e.g. the wavelength of incident photons and optical property of local tissue. 

The primary light absorbers in breast tissue, called chromophores, include 

oxyhemoglobin (HbO), reduced hemoglobin (Hb), water and lipid. And their absorbing 
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spectra as a function of wavelength are very different, as shown in Figure 1.3. The “NIR 

spectral window” between 650nm and 900nm provides a region with relatively low 

absorbance, and offers the possibility for NIR photons to penetrate several centimeters in 

depth and provide transmitted information about the tissue in between.  

 

Figure 1.3. The absorption spectrum per unit molar concentration of HbO, Hb, 

water and fat. Data was taken from Oregon Medical Laser Center. Absorption 

coeffcients of  and Hb are calculated with concentration of 0.2 (𝑚𝑀)−1 ∙ 𝑚𝑚−1. 

The pathology of breast cancer varies widely with up to 18 different phenotypes 

being known. But generally it is agreed that after a small breast tumor switches to an 

angiogenic phenotype, large amount of abnormal and leaky blood vessels begin to form 

with reversed and intermittent flow, which finally leads to hypoxic regions within the 

tumor [23, 24]. The increased vasculature density and clogged blood circulation within 

the breast tumor distinguish the tumor from surrounding tissue by increased hemoglobin 

levels and potentially decreased oxygen saturation, and this critical pathophysiologic 

information could be detected by NIR optical tomography. Images of breast lesions to 



- 8 - 
 

date, indicate that total hemoglobin-based contrast can be up to twice the value of normal 

tissue in the same breast, which perhaps is higher than the intrinsic contrast of any other 

imaging modality [25]. 

1.5 Current Status of NIR Breast Cancer Imaging  

Research into the use of NIR in breast cancer management can be divided into two 

categories, diffuse optical spectroscopy (DOS) which emphasizes on obtaining the 

averaged quantitative optical parameters of the interested region, and diffuse optical 

tomography (DOT) which aims at reconstructing the spatial images of optical parameters 

or chromophores concentrations of the whole tissue region.  

Research at the Beckman Laser Institute at the University of California, Irvine, has 

been devoted to development and propagation of a handheld DOS breast imaging device. 

It is based on the concept of frequency-domain spectroscopy , typically using 6 [26, 27] 

to 8 [28, 29] laser diodes with wavelengths ranging from 672 nm to 978 nm that are 

modulated from 300 MHz to 1 GHz as sources, and are coupled into a source fiber 

through an 8x8 optical multiplexer [29]. The detector is an avalanche photodiode (APD) 

placed 3 cm from the source. Based on the analytic solution of an assumed semi-infinite 

geometry using diffusion equation, 𝜇𝑎 and 𝜇𝑠′  are calculated on each wavelength, and the 

concentration of chromophores can be obtained through least-squares fitting [30, 31]. 

Additionally, the system uses steady-state transmission measurements from a halogen 

lamp as a wide-spectrum (650~1000nm) continuous wave (CW) source, added onto the 

frequency domain (FD) system. This DOS system is able to pick up the different optical 

properties on malignant breasts and corresponding normal breasts [27, 29, 31, 32], and 

the pre- and post-menopausal normal breast [29, 33], but it is not easy to provide a 
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convincing criterion to distinguish breast tumor. The main reason is that the sensitivity of 

DOS depends on the fraction of signal resulting from diseased tissue versus surrounding 

healthy tissue, and will be skewed with the depth. Besides, result of this hand held device 

may vary for 5% for different operators [26]. Despite these limitations, the system is 

being put into use in a multicenter trial to track the patient response to neoadjuvant 

chemotherapy, to determine if it could reliably provide prognostic information about 

those patients who are not responding to therapy.  This trial is just initiating, and 

Dartmouth will be a participating site.   

 

Figure 1.4. (a) The NIR spectroscopy system developed by the UCI group. (b) The 

handheld scanner. (c) A patient was scanned by the handheld scanner. (d) Line scan 

result of four major chromophores of a tumor. (e) Fitted 𝜇𝑎  v.s. wavelength of 

normal tissue and tumor [1, 27]. 

Researchers at Dartmouth have been working on DOT since 1995 when Paulsen 

and Jiang demonstrated the approach to reconstruct images with NIR transmission light.  

Pogue et al used modulated light at 751 nm LD at 150 MHz and inserted it around a 

cylindrical phantom to successfully recover an anomaly inside with 2:1 contrast [34, 35]. 
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Jiang et al reported better reconstructed images with dual mesh scheme [36]. Later a 

three-wavelength NIR tomography system was built and tested on phantoms and patients. 

With assumptions about water and lipid content, the first in vivo HbO and Hb 

concentration recovery was realized [37]. The system was greatly upgraded in 2001 into a 

fully automatic multi-wavelength breast tomography imaging system, with 16 sources, 16 

PMT detectors and 5 wavelengths, and one-plane imaging per wavelength could be 

finished within 30 seconds [38]. Many patient exams followed, showing localized 

hemoglobin contrasts near 2:1 were readily detected and quantified [39-43]. Wang et al 

further proved that superior recovery was possible using more wavelengths [44] and 

longer wavelengths [45]. 

 

Figure 1.5. (a) An engineering drawing of the optical source and detection 

subsystem. The upper circular region holds three rings of sixteen fiber bundles each, 

mounted to sixteen linear translation stages. The tomography imaging is achieved 

by cycling the laser source into each fiber sequentially through the circular 
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translation stage on the bottom. (b) The fiber-optical interface. (c) The patient bed 

with imaging system underneath. (d) A female subject positioned on the table with 

her breast in the imaging array [25]. 

Research at the University of Pennsylvania has been focused on a three-

dimensional parallel plate tomography system. To balance the building cost and the need 

for a large amount of dataset which is essential for 3-D reconstruction, CW 

measurements were chosen. A charged-coupled device (CCD) chip was used and divided 

into many detection regions that functioned like smaller detectors. 6 optimal wavelengths 

ranging between 650 nm and 905 nm were chosen based on their calculation [46, 47]. 

There are 45 source fibers which switch between 6 wavelengths, and the CCD chip is 

divided into 984 smaller regions. This configuration resulted in almost  CW 

measurements per wavelength, which are much more than other 3-D DOT systems [48]. 

To address the limitation of CW measurement to differentiate scattering and absorption, a 

relatively limited number of frequency domain measurements were integrated with 9 

APDs to calculate the averaged absorption and scattering coefficients, and provide a 

homogenous initial guess for the reconstruction of CW data [48, 49]. Instead of using the 

common Newton-type reconstruction approach, they applied a gradient-based algorithm 

to overcome memory limit [47], and parallel computing was implemented to reduce the 

computation time.  
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Figure 1.6. A schematic of the NIR imaigng system at University of Pennsylvania [1]. 

Although no convincing clinical diagnostic criterion has been proposed and 

discrepancy still exists in the results of patient exams, these systems did confirm the 

possibility of using hemoglobin content, oxygen saturation, water concentration and 

scattering coefficient to provide diagnostic information to differentiate normal and 

malignant tumors, despite that conclusive demonstration of where NIR breast imaging 

would fit into breast cancer management still remains undetermined [25, 27, 29, 32, 43, 

48-50]. Most centers have ongoing work in following response to neoadjuvant 

chemotherapy as the most likely clinical outlet in the near future. 

1.6 Multimodal Imaging System 

Despite the effort and advances stated above about breast spectroscopy, imaging 

with NIR light still suffers from low resolution due to the diffuse nature of photons within 

the tissue. Additionally the cost, complexity and imaging time do not allow unlimited 

increase of source-detector measurements or wavelengths. To address this problem, the 

concept of utilizing multiple imaging modalities was proposed, which makes use of the 

higher resolution anatomical structure information from another imaging modality as 

spatial priors to constrain algorithm convergence and resolution of the NIR system. MRI 
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has been the most common choice to combine with DOT systems and it was shown to 

improve the quantification of the DOT inverse algorithm [51-53]. There are hybrid 

systems like tomosynthesis/NIR [54] and Ultrasound/NIR [55-57] as well.  

 

Figure 1.7. Result of an patient exam using MR/NIR hybrid imaging [58]. Axial 

MR imaging showing coronal plane of optical imaging (a). Panel (b) shows a 3D 

representation of combined maximum intensity projection MR image and 3D 

rendering of optical solution of HbT. Optical solutions for HbT (d), water (e), 

oxygen saturation (f), scatter amplitude (g), and scatter power (h), are shown 

overlayed on top of coronal MR (c). In each case the background value is removed. 

(I) shows the multi-wavelength NIR system used in this experiment.  

1.7 High-speed NIR Tomography of Breast Tissue 

Most researches so far have been focused on optimizing imaging qualities of breast 

tissue, including optimizing selected wavelengths, incorporating more wavelengths, and 

integrating with another imaging modality to make use of the structure information in 

reconstruction [51, 59-61]. The reconstructed images usually can show regions with 

abnormally higher hemoglobin content or lower oxygen saturation, which could be the 
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sign of tumor existence and thus could potentially provide useful diagnostic information. 

In addition, dynamic contrast mechanisms in breast tissue, such as those from optical 

contrast agent pharmacodynamics [62] or rapid vascular changes induced from gas 

inhalation changes [63, 64] are under exploration to improve image contrast and 

specificity. These functional contrast changes have induction curves which change 

rapidly over seconds and minutes and thus require faster imaging systems to capture the 

physiologically critical information about vascular dynamics and resistance with 

biologically accurate temporal resolution. The heartbeat of human is the main driving 

force of pulsatile blood flow and hemoglobin change in organs, including extremities 

such as the breast. To relate these, the minimum imaging speed should be at least 3 Hz. 

But currently most NIR systems used in clinical trials require several minutes to acquire 

one image, and the time-averaged information in these images simply cannot reflect the 

temporal changes of blood volume and oxygenation in the suspicious region. Only a few 

NIR tomography systems can image at high speed, and they can be categorized into two 

typical designs.  

The first and more straightforward design is to switch sources one after the other by 

source positions and wavelengths, while keeping all detectors on. Suppose the required 

exposure time is 𝑇𝑒𝑒𝑝𝑒𝑠𝑒 , switch time is 𝑇𝑠𝑠𝑠𝑠𝑠ℎ , the number of sources positions is 

𝑛𝑠𝑠𝑠_𝑝𝑒𝑠 , and the number of wavelengths is 𝑛𝑠𝑤  , then the operation frequency 𝑓1 is:  

𝑓1 =
1

�𝑇𝑒𝑒𝑝𝑒𝑠𝑒 + 𝑇𝑠𝑠𝑠𝑠𝑠ℎ� × (𝑛𝑠𝑠𝑠_𝑝𝑒𝑠 × 𝑛𝑠𝑤 − 1)
 (1.1) 

An improved design modulates laser beams of different wavelengths at different 

low frequencies and focused into one source fiber. This mixed signal can then be 

demodulated at the detection side. In this way 𝑛𝑠𝑤 in equation 1.1 equals to one, and 
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imaging speed can be greatly improved. A system built by Schmitz et al [65] is shown in 

Figure 1.8(a), and the operational speed is 3 Hz with 16 sources at 2 wavelengths. Source 

positions can be modulated in a similar manner as well. One such system realized by 

Joseph has 32 modulated sources [59, 66], although its imaging speed was not mentioned. 

Generally this frequency modulation design is stable and ultra-flexible. The 

disadvantages of this design include compromised detection dynamic range with more 

source positions or wavelengths, and the easily overwhelmed weaker signal from distal 

souces by strong signals from closer sources. The measurements of one frame cannot be 

taken at the same time either. Thus this design is not very suitable for high speed imaging 

of large tissue volumes such as the human breast. 

The second method is to light on all sources of the same wavelength while keeping 

all detectors open. This technique was first realized by Piao et al [67-69] and the system 

design is shown in Figure 1.8(b). The eight sources in this system were not exactly of the 

same wavelength. Instead they were spectral-encoded to have about 1 nm distance in 

between which was realized by precise control of the temperature and current of 

individual laser diode to shift its wavelength. The optical properties are assumed to be the 

same across this narrow wavelength range in calculation, which may bring in small 

errors. A 1200 grooves/mm grating was used before the CCD detector to separate signals 

from each source and project them onto the CCD sensor. In this spectral-encoding design, 

no mechanic switching is involved, thus the system is stable and ultra-fast. The operation 

frequency 𝑓2 is:  

𝑓2 =
1

𝑇𝑒𝑒𝑝𝑒𝑠𝑒
  (1.2) 
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Figure 1.8. (a) Block diagram of the instrument setup using source switching 

method [65]. (b) Schematic diagram of the NIR tomography system by spectrally 

encoded parallel source delivery [67].  

It is obvious that this method can potentially be much faster than the first method 

since it is not influenced by the number of sources or detectors at all. Piao’s system has 

shown the ability to reach a high speed of 35 Hz with satisfactory signal to noise ratio 

when imaging a small cylindrical phantom [67]. Piao further replaced the 8 laser diodes 

with a coherent superluminescent diode (SLD) with 14.2 nm FWHM bandwidth. The 

SLD output beam was dispersed by a 1200 g/l grating and collimated onto eight linearly 

aligned fibers to form eight sources with slightly different wavelengths. This design is 

much more compact and thus feasible for endoscopic prostate imaging [57, 70, 71]. The 

advantage of this spectral-encoding design is its ultra-high speed. And oversampling is 

always good for improving signal to noise ratio (SNR). The disadvantages of this design 

include the following: 
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• The number of sources cannot be large, because too wide wavelength coverage 

will invalidate the assumption of identical optical properties in this range, and 

settling many laser diodes in the narrow wavelength range is difficult; 

• Mode-hopping of laser diodes which is hard to be completely removed; 

• Settling more than two wavelengths is hard for this design, because the high 

density grating leads to narrow wavelength coverage on the CCD.  

Considering the need for high speed imaging to catch pulsatile signals in breast, the 

second method was chosen in this thesis work. And one additional wavelength was added 

onto the system to monitor the temporal absorption change caused by pulsatile blood 

flow in breasts, as stated in Chapter 4. The structure of this thesis is as follows: 

Chapter 2 described the instrumentation of the single wavelength video-rate 

tomography system which can image through tissue-like media of seven centimeters 

thick at 20 Hz. Both static and dynamic phantom experiments were carried out, and 

several reconstruction schemes were compared and discussed. 

Chapter 3 presented the dual-wavelength video-rate tomography system, whose 

capacity of recovering temporal hemoglobin content and oxygen saturation with given 

scattering coefficients was demonstrated through phantom experiments. 

Chapter 4 started with the error analysis with the multimodal clinical imaging 

setup. Then the results and physiological implication from the clinical imaging 

experiments of two healthy human subjects were display and discussed. 

Chapter 5 summarized the thesis work. Possible clinical applications and future 

work were discussed. 
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Chapter 2. Video-rate Single Wavelength Tomography 

System 

High-speed near-infrared spectral tomography of tissue can be used to measure 

functional activities of tissues such as metabolic changes or hemodynamic events, or the 

dynamic injection and tracking of optical contrast agents. The frequencies of these 

activities are either directly driven by or are closely related to the heartbeat rate. 

Therefore to accurately record many of these corresponding signals in humans, the 

minimum imaging speed should be at least several Hertz, and ideally the higher the 

better, because imaging at a higher speed provides quantitative information with higher 

SNR, and potentially allows the use of signal processing methods to improve the SNR. 

Additionally the waveform generated by the heartbeat is not sinusoidal, and contains 

significant higher frequency content in it. Thus, an ideal fast imaging system would allow 

capture of this higher frequency content as well, so as to maximize the information 

obtained. 

Two designs that can reach 3Hz have been fully discussed in chapter 1.7. The 

system with a source-switching design can acquire data with at 3 Hz rate, with 10 ms 

exposure time for each source position [65]. The system designed with spectrally-

encoded light sources can be run at above 30 Hz acquisition rate. But until recently it was 

limited to small animal imaging, mostly due to dynamic range limitations in the circular 

geometry. Now with careful modifications, it has the potential to image through thick 

tissue, with an acquisition rate several fold higher than that of the human heartbeat. 

The new system has the same eight spectrally-encoded laser diode sources but it is 

used in a slab-shaped interface with one dedicated spectrometer with a cooled CCD 
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detector at each channel. Eight spectrometers that are synchronized through external TTL 

trigger signals were used, providing much better signal to noise ratio than the previous 

effort where all channels were fed into a single spectrometer-CCD [68]. The use of a 

parallel plate slab geometry is also important, because the intensities of the signals that 

propagate from all sources to the same detector location are then all closer in value, 

allowing a much smaller dynamic range than the conventional circular design. The 

system was constructed and tested in tissue-like phantoms, the performance was 

characterized, and the implications and planned use are discussed in this chapter.  The 

system has the capacity to image through up to 8 cm of soft tissue, which would make it 

possible to be used to track the variation of absorption caused by hemoydnamics in 

peripheral limbs, breast tissue or part of the cranium, although breast tissue is the main 

target for this study. 

2.1 System Configuration 

The video-rate single wavelength tomography system illustrated in Figure 2.1 

consisted of several sub systems. Eight spectrally-encoded laser diodes (LD) each with a 

temperature control module and a current control module were integrated on to a source 

cart. Eight fiber-coupled spectrometers, each equipped with a 1200 grooves/mm grating 

and a high-resolution CCD, were integrated on to a detection cart and set to respond to an 

external TTL trigger signal. The TTL trigger signal was generated by a data acquisition 

(DAQ) board from National Instrument and programmed through LABVIEW software. A 

splitter circuit was customized to convey the TTL trigger signal into eight channels and 

finally to the EXT SYNC port on each CCD simultaneously. Imaging data is collected by 

the same LABVIEW program and transferred back to the console computer through USB 
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connection with the CCDs. A customized flexible fiber mount and phantom/tissue 

interface was built to hold the phantom in the parallel plate slab geometry with the fibers 

in contact with it. Each component will be described in detail below. 

 

Figure 2.1. A diagram of the video-rate near infrared tomography system is shown. 

Eight spectrally encoded LD systems were integrated onto one cart. Eight fiber-

coupled spectrometers with high-resolution CCDs are integrated onto another cart 

and set to respond to an external TTL trigger signal. The signal is generated by a 

data acquisition board and then split into eight channels by a customized splitter 

circuit, and delivered to the EXT SYNC port on each CCD simultaneously. 

Imaging data is transferred back to the computer for post processing. A flexible 

fiber mount is customized to hold the phantom or tissue in between.  
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2.1.1 Spectrally encoded sources 

In conventional NIR tomography systems sources are often launched in sequence to 

avoid mutual interference at detectors, so the time needed for one image is proportional 

to the number of sources in use, unless temporal or frequency encoding methods are used 

to carefully overlap the signals in a way in which they can be extracted from the 

overlapping signals. The new video-rate single-wavelength tomography system uses 8 

identical single mode CW LDs (Hitachi HL-7851G) whose nominal center wavelength is 

785 nm, and the scheme was to shift the wavelength of individual LD to have 

approximately 1 to 2 nm interval in between, so that all LDs would be spectrally-encoded 

and could lase at the same time. In this manner, there is no source switching and the 

imaging speed can be greatly improved. 

Two factors determine the center lasing wavelength of one LD, the laser case 

temperature and the drive current. Change in the case temperature affects the band gap of 

the semiconductor junction and therefore the peak wavelength of the laser cavity gain 

profile. Change in the drive current alters the current density and the instantaneous 

temperature in the laser junction, which will vary the refractive index of the junction 

material and therefore the effective cavity length [72]. Because the drive current above 

threshold level is almost proportional to the lasing power which is strictly limited for 

human related experiments, case temperature became the main approach to shift the 

lasing wavelengths of LDs.  

According to the datasheet of Hitachi HL-7851G [73], its lasing wavelength can 

shift from 775 nm to 795 nm by varying its case temperature from -10 oC  to 60 oC. So 

the tunable range was wide enough for our design. But experimentally it was found that 
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the lasing wavelengths of the LDs were unstable for most of the temperature range 

because of the existence of mode hopping. The wavelengths of adjacent LDs easily 

hopped between lasing modes and frequently mixed with each other, which led to the 

failure of the spectral encoding scheme.  

Mode hopping arises when several modes close the the are competing  has been a 

very troublesome issue for LD applications and many factors could come into play, of 

which the most important factors are the case temperature, the drive current and optical 

feedback. The optical feedback is the reflection of the laser beam back into the laser 

cavity, and a quick solution to avoid it is to use distributed feedback LDs. But the unit 

price of this LD is around $2000, and it would be too expensive if we used eight for our 

application. A previous study [74] showed that the lasing wavelength of a LD could be 

stabilized under certain combinations of case temperature and drive current. But the good 

combinations are unpredictable and vary laser by laser, and trial-and-error was the only 

solution. Another layer of complexity was that the “sweet points“ of certain LDs might be 

overlapped, in which case additional LDs would have to be tried to solve the conflict.  

This process was tedious and very time-consuming, but finally eight LDs were 

chosen and spectrally encoded to have approximately 1.5 nm interval in between. The 

control of the case temperature was realized by a temperature control board (TCM1000T, 

Thorlabs, NJ) and a TE-Cooled mount (TCLDM9, Thorlabs, NJ), and the control of drive 

current was operated by a current control board (LD1255, Thorlabs, NJ). All the LDs and 

accompanying temperature and current control circuits are installed on a customized cart, 

as shown in Figure 2.2.  
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Figure 2.2. (a) The customized cart sitting 8 spectrally encoded LDs [67]. (b) A LD 

with its supporting components. (c) The TE-Cooled mount. (d) The temperature 

control board. (e) The drive current control board.  

Table 2.1. The optimal current and temperature settings for 785 nm LDs. 

 

The optimal current and temperature settings are listed in Table 2.1. 𝐼𝑘𝑘𝑒𝑘 is the 

current setting on the rotating knob for the LDs. The knob has a range of 0.02 to 1.00 

with 0.02 resolution. The actual LD current corresponding to this value can be measured 
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on the current control board. 𝑇𝑠𝑒𝑠 is the preset temperature for a LD, and 𝑇𝑎𝑠𝑠 is its actual 

temperature. The temperature corresponding to 𝑇𝑠𝑒𝑠  and 𝑇𝑠𝑒𝑠  can be calculated from a 

characteristic curve of the temperature control board. It has to be noted that these settings 

may need retuning every several months to compensate for the device aging. 

The 1.5 nm interval is wide enough for the 1200 grooves/mm grating on the CCDs 

to separate source signals clearly, so all source LDs can be launched simultaneously to 

improve imaging speed without interfering with each other. Meanwhile the interval is so 

narrow that the maximum difference of the absorption coefficient in the whole range is 

within 5% for whole blood. Therefore the optical properties of the tissue can be treated as 

constant within the wavelength range.  

The stability of the intensity and the wavelength of the 785 nm LDs were both 

tested by continuously sampling for 15 minutes. The 8 LDs were attached to a slab-

shaped homogeneous phantom through fibers, and one spectrometer was coupled to the 

phantom through a detection fiber. CCD image frames were continuously recorded for 15 

minutes at an exposure rate of 10 frames/second. The output intensities of the 8 LDs with 

regard to time are shown in Figure 2.3(a). The offset intensity differences between the 8 

LD sources were simply caused by differences in LD output power and source-detector 

distances. The intensities of the LDs were normalized to their mean individual values. 

Then the standard deviation was calculated for each LD and the results are displayed in 

Figure 2.3(c), where six of the eight LDs show 0.7% to 0.8% variation, and one LD 

shows a variation slightly above 1%. Similar analysis was performed on the peak 

positions of the LDs spectra, and the results are shown in Figure 2.3(b) to (d). The 

wavelength stability is much better compared to that of the intensity, where the maximum 
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standard deviation of wavelength is only 0.022 nm over these acquisition times, and is 

thought to be good enough to avoid spectra mixture caused by mode hopping of LDs.  

 

Figure 2.3. Stability test of 8 LD sources in the 785 nm wavelength band. (a) The 

intensity stability of the LDs. (b) The wavelength stability of the LDs. (c) The 

standard deviation of intensity divided by the average intensity of the LDs. (d)  The 

standard deviation of wavelength of the LDs. 

2.1.2 Optical Detectors 

The optical detection system shown in Figure 2.4 consisted of 8 Princeton/Acton 

Insight: 400F Integrated Spectroscopy Systems (Acton, MA) residing in one custom 

designed wheeled carts (8020, Columbia City, IN) [75]. The Insight 400F consists of a 

0.3 m long, F3.9 imaging spectrograph and a low noise, front illuminated CCD cooled to 
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−70 °C. The 16-bit CCD was vertically binned to maximize detector area/wavelength, 

which provides a large dynamic range of 0 to 65535 photon counts in each of the 1340 

wavelength bins, where the background noise is usually around 500 photon counts. The 

1200 grooves/mm grating in front of each CCD provides a spectral coverage of 60 nm 

which is wide enough to allow simultaneous imaging of all sources in the 785 wavelength 

band. Its spectral resolution of 60/1340 = 0.045 nm is much smaller than the 1.5 nm 

average laser bandwidth interval, as well as the light spectrum of each laser source. The 

signal intensity of one LD detected on the CCD is then the integrated photon count of the 

LD spectrum. 

 

Figure 2.4. The detection system consisting of 8 spectrometers and 8 CCDs [75] is shown. 

The linearity and the noise feature of the CCDs were carefully characterized. One 

LD source was attached to a slab-shaped homogeneous phantom through a fiber, and the 

detection fibers connecting the CCDs were attached to the same location on the other side 
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of the phantom sequentially. For each exposure time setting on each CCD, 100 

measurements were taken continuously. The exposure time of each CCD was changed 

within a wide range while the output power of the LD was kept constant. This setting is 

equivalent to the combination of a precise power-tunable LD and a CCD with constant 

exposure time setting. The background dark noise of the CCDs was around 600 photon 

counts, and the maximum intensity perceivable by the CCDs was 65536 photon counts. 

So the exposure time was chosen to increase from 30 ms to around 5 s which typically 

led to 1000 to 61000 photon counts on the CCDs. Three parameters of the CCDs were 

analyzed and the results were plotted in Figure 2.5. The linearity of the CCDs is 

characterized by the mean signal intensity of the 100 measurements on the CCD versus 

the exposure time, as shown in the first column of Figure 2.5. The absolute value of noise 

is characterized by the standard deviation of the 100 measurements versus mean signal 

intensity, as shown in the second column of Figure 2.5. The noise level in percentage is 

defined as the ratio of the standard deviation of the 100 measurements divided by the 

mean value of the 100 measurements, as shown in the third column of Figure 2.5. It has 

to be noted that only 7 CCDs were characterized here. The reason is that this 

characterization experiment was carried out after one CCD was removed in building the 

two-wavelength high-speed system, as stated in Chapter 3. 

From the first column of Figure 2.5, it is obvious that all 7 CCDs have very good 

linear response to the averaged input intensity in the entire detection range. The noise 

level of all CCDs increases as the intensity of input signal increases, but not in a linear 

fashion, as shown in the second column of Figure 2.5, which means this noise doesn’t 

only come from the fluctuation of LD power as shown in Figure 2.3, but also from the 



- 28 - 
 

CCDs. The linearity of the noise level is much better in the middle range, so extra noise 

is introduced by the CCDs when the signal intensity is close to the lower and upper 

limits. The third column of Error! Reference source not found. shows that the ratio of 

noise divided by the signal intensity is around 1% for signal intensities larger than 104 

photon counts on CCDs, which agrees with the nearly 1% noise level noticed in the LD 

power stability experiment in Figure 2.3(c). This ratio increases drastically to around 5% 

for signal intensities close to the dark noise background, so exposure time should always 

be chosen to ensure larger intensities on all CCDs in order to minimize this random noise.  



- 29 - 
 

 



- 30 - 
 

Figure 2.5. Linearity and noise analysis of 7 CCDs, with each row (a) to (g) 

showing data from one of the CCDs. The first column is the linearity. The second 

column is the noise level relative to signal intensity. The third column is the noise 

level in percent. 

2.1.3 Tissue/Phantom Interface 

Previous attempts at a high-speed NIR tomography system with spectral-encoded 

sources used the conventional circular coil design with source fibers and detector fibers 

placed alternatively around the coil [68]. The circular geometry has been the most 

popular choice since it benefits from a full 2D measurement view over the entire tissue 

volume which is similar to the CT. But full exploitation of this geometry requires large 

dynamic range proportional to the size of the object to be imaged. This system works 

well for fast imaging on small objects where the optical dynamic range is not larger than 

3 OD between different source-detector light paths. But for thick tissue imaging, e.g. 

clinical breast cancer imaging in vivo with diameters of up to 10 cm and magnitude 

dynamic range up to 8 OD which is common for diffuse optical tomography in scattering 

dominated breast tissue, it is technically impossible to manufacture reliable optical 

detectors with such a huge magnitude dynamic range. The result is that for a 16 bit CCD, 

a signal that is even 4 orders of magnitude smaller than another could not be detected 

with useful SNR level. Figure 2.6(c) shows the raw data from a measurement on a 

homogeneous circular phantom with a diameter of 73 mm. The sources and detectors 

were arranged alternatively as shown in the left part of Figure 2.6(a). The two strongest 

peaks were signals from the closest sources. Signals from the two second closest sources 
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could barely be seen, and signals from farther sources were totally merged into the 

background noise. 

 

Figure 2.6. (a) The average light paths for the circular geometry and the slab 

geometry are illustrated. (b) Experimental photograph of a 64.5 mm thick slab 

phantom is shown with 8 orange source fibers on the right side and 8 black 

detection fibers on the left. (c) The signals from 8 LDs measured by one CCD with 

a circular homogeneous phantom. (d) The signals from 8 LDs measured by one 

CCD with a slab homogeneous phantom. Note in (c) that most of the laser signals 

are not really detecable. 

Meanwhile it is clear that the difference of optical path lengths in the slab geometry 

is much smaller, as shown in Figure 2.6(b). Thus the slab geometry substantially lowers 

the requirement of dynamic range to 2 to 3 OD, and fits well for high speed thick tissue 
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imaging. Figure 2.6(d) shows the raw data from a measurement on a 64 mm thick 

homogeneous slab phantom. It is clear that signals from all laser sources were 

distinguishable on the same CCD. Although the view of the slab geometry is limited, it 

does have an advantage that the compressed tissue provides increased light transmission 

and resolution, since resolution performance falls off with increasing distance from the 

source. A flexible fiber holder consisting of two parallel panels with two sliding bars 

across the bottom was built to hold the source and detector fibers against the 

tissue/phantom, as shown on Figure 2.6(b). On each panel, 8 holes were drilled with 8 

mm intervals across to hold source or detector fibers, and set screws from the top fix the 

fibers in position. This configuration is flexible for different phantom thicknesses and 

stable enough for phantom experiments, as well as for future use in tissue imaging.  

2.1.4 Exposure Synchronization 

The goal of this work was to image with fast and continuous CCD exposures. The 

Pixis 400F spectrometer provides a good signal to noise ratio, but uses a slow mechanical 

shutter in front of the CCD to control the entrance of the input light, so its shutter was set 

to remain open during fast acquisitions in these experiments. Moreover, all 8 CCDs were 

synchronized to start and stop exposing at exactly the same time to get meaningful 

timeline dataset. To achieve this, an periodical external TTL trigger signal was generated 

by a NI DAQ board (Figure 2.7 (b)), and split into 8 channels by a customized splitter 

circuit (Figure 2.7(a)), and finally reaches the external sync port on each CCD to 

accurately synchronize all CCDs. The shape and period of the TTL trigger signal can be 

easily specified through LabVIEW. The Scientific Imaging Tool Kit for LabVIEW (R 

Cubed Software, NJ) which is a commercial LABVIEW package to control these 
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spectrometers doesn’t provide a standard mode to continuously expose all CCDs at a 

synchronized pace. To solve this problem, a “non-standard” high speed acquisition mode 

was discovered, and all 8 spectrometers were configured to work in this mode. The 

shutter status on the CCDs was set to open before starting an acquisition sequence. The 

exposure mode was set to Strobed Mode, meaning each exposure requires an external 

trigger signal to start. All CCDs were set to Synchronous Focus Mode. This mode alone 

would make the CCDs continuously acquire at a preset rate and only transfer the latest 

frame when the console computer was ready to receive, so no synchronization could be 

realized on the multiple CCDs with this mode alone. But it was discovered that together 

with the Strobed Mode exposure setting, the CCDs actually will keep exposing until the 

next trigger signal arrives, and then they transfer the data and clean the built up charges 

and start a new exposure, which perfectly fits the design requirement. Through repeated 

measurements, it has been proven that the whole transfer-clean-prepare process for all 8 

CCDs takes about 13 milliseconds to complete. Since the shutter remains open, the actual 

exposure time is the interval between trigger signals, which should not be shorter than the 

nominal preset CCD exposure time plus 13 milliseconds. With a 100 µm slit-width 

setting on all spectrometers and 10 mW input laser beams at the tissue entrance, 20 

datasets per second can be reached easily on a 64 mm thick resin phantom with 

satisfactory signal intensity. 
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Figure 2.7. (a) The spliiter circuit box to convey the trigger signal to the EXT 

SYNC ports of 8 CCDs. (b) The NI DAQ board to generate trigger signal. (c) The 

LABVIEW program interface to control the frequency and shape of the trigger 

signal. 

2.2 Experimental procedure and raw data process 

To perform high speed imaging on an object with this system, three measurements 

have to be done in addition to the imaging of the object:  

• A measurement on a homogeneous phantom for calibration purpose 
• Power calibration for all input source channels 
• Efficiency calibration for all detection channels 
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A measurement on a calibration phantom which has similar shape and optical 

properties is needed for all model-based DOT reconstruction algorithms, including 

NIRFAST. Calibrations of source channels and detection channels are required 

specifically for this system to process the raw data prior to reconstruction, and the 

reasons and procedures are explained below. 

2.2.1 Calibration of input power of source channels 

The power coming out of a source fiber, usually tuned to between 10 and 15 mW, is 

determined by the attached laser diode and its temperature and driving current, the 

focusing optics, and the attenuation inside the source fiber. All these factors are constant 

during imaging, thus the power out of the fibers should be constant. This power is 

attenuated before propagating into the object due to the coupling loss at the fiber-object 

interface, and the coupling loss is variable between experiments. In addition, the output 

power of a LD can change slightly between experiments. Therefore the power going into 

the object, called 𝑃𝑒𝑘𝑜, has to be calibrated in every experiment. Fortunately, only the 

ratio of 𝑃𝑒𝑘𝑜 of all sources is needed for reconstruction program. This ratio, called 𝑅𝑠𝑠𝑠, is 

obtained by the procedure shown in Figure 2.8(a). This calibration also removes the 

errors caused by the possible spatial inhomogeneity of the calibration phantom. 
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Figure 2.8. (a) The procedure to calibrate source intensities. (b) The procedure to 

calibrate detection efficiencies of all detection channels. 

2.2.2 Calibration of detection efficiencies of detection channels 

After the light reaches the boundary on the detection side of the object, it is 

attenuated again by the coupling loss on the object-fiber interface, and then gathered by 

the detection fiber and attenuated along the way, and partly blocked by the entrance slit in 
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front of the spectrometer, finally the detection efficiency of the spectrometer will come 

into play. The entrance slits are manually adjustable and are used to control the signal 

intensity on CCDs according to the absorbance of the object to be imaged, because the 

frame rate is predefined, and adjusting the output power of LDs too much may affect the 

stability of lasing power and wavelengths. Since the coupling loss and widths of entrance 

slits may change in each experiment, the overall detection efficiency along each detection 

channel needs calibration in every experiment. Similar to 𝑅𝑠𝑠𝑠 , only the ratio of all 

detection efficiencies is needed for reconstruction program. This ratio, called𝑅𝑑𝑒𝑠 , is 

obtained by the procedure shown in Figure 2.8(b). 

2.2.3 Raw data process 

There are totally 64 spectra in the dataset for one frame, and each spectrum 

represents the detected signal of one source-detector pair. However, the meaningful data 

to be used in reconstruction is the attenuation of each source-detector pair. The key to 

calculate this attenuation is to obtain the intensity of light going into the object, and the 

intensity of light going out of the object. 𝑅𝑠𝑠𝑠 from section 2.2.1 and 𝑅𝑑𝑒𝑠 from section 

2.2.2 are used to achieve this goal. The procedure is shown in Figure 2.9. This calibration 

procedure has to be performed on both the measurement of a calibration phantom and the 

measurement of the object. The resulting two datasets of attenuation are put into the 

calibration program in the NIRFAST software package. The working principle of the 

calibration program has been fully explained elsewhere [76], but briefly the purpose is to 

subtract offset errors in the logarithm of the intensity, and put the measured data on the 

same intensity basis as the simulated light transmission such that the iterative 

reconstruction routine can fit the data with high accuracy. The data obtained from the 
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calibration program is then put into the reconstruction program to finally recover the 

spatial optical properties of the object. The reconstruction program initially assumes a 

homogeneous volume, as it is based upon a purtubation approach to reconstruction, and a 

Newton-type algorithm iteratively fits the calibrated data for heterogeneities in the tissue 

optical properties. 

 

Figure 2.9. The procedure to calculate attenuation from each source-detector pair 

for one measurement is shown. 
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2.3 Static Blood Phantom Imaging Experiment 

A set of heterogeneous phantom experiments was carried out to evaluate the 

linearity and accuracy of the system. The slab-shaped resin phantom used for this 

experiment is 134 mm long and 64.5 mm thick. The background optical properties of the 

phantom at 785 nm, 𝜇𝑎 = 0.004 𝑚𝑚−1 and 𝜇𝑠′ = 1.4 𝑚𝑚−1, were measured separately 

using a well characterized frequency domain clinical diffuse optical tomography system 

[77]. A cylindrical hole with a radius of 10 mm was drilled vertically at about 16 mm 

away from the center of the phantom. A batch of liquid phantoms with linearly increasing 

volume fractions of swine whole blood from 0.0% to 4.0% with an interval of 0.5%, were 

made in 1.0% stock intralipid solution. The CCDs were set to operate at 20 frames per 

second. Approximately 10 mW of optical power was delivered into the phantom by each 

of the 8 source fibers. The hole was filled up with one phantom solution at a time and 

NIR tomographic images were acquired for about 1 second.  

As this was a static imaging experiment, a reconstructed image of one 

representative frame for each phantom solution was displayed. The calibration and 

reconstruction algorithm used was similar to that described by [78]. Briefly, the 

reconstruction is based on a modified Newton’s method to minimize the difference 

between measured and model data. The model used here is a finite element discretization 

of the diffusion equation. The measurement of the phantom was first calibrated to 

account for offsets due to source-detector fiber transmission, alignment characteristics, 

and errors in discretization and model-data mismatch. This was accomplished using a 

homogeneous fitting algorithm [78], which utilized Newton-Raphson method to fit two 

parameters: the slope of the phase lag (θ)  with respect to distance from the source 
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location, and the slope of the logarithm of intensity times distance (log (𝑟𝐼)) with regard 

to distance. Since this video-rate tomography system uses CW LDs and hence has no 

ability to measure the path length of transmission, the spatial distribution of the reduced 

scattering coefficient 𝜇𝑠′ was not attempted to be recovered. Thus an assumption about 

the spatial distribution of 𝜇𝑠′ was needed to reconstruct the spatial distribution of the 

absorption coefficient 𝜇𝑎 . As the scatters were 1.0% intralipid in all phantoms, a 

homogeneous distribution of 𝜇𝑠′ = 1.0 𝑚𝑚−1  was used as the reduced scattering 

coefficient in the anomaly. This value was calculated based on a previous study by 

Staveren et al [79]. 

2.3.1 Direct Reconstruction of 𝝁𝒂 

Direct reconstruction here means to reconstruct for real value of 𝜇𝑎 which reflects 

the actual local absorption property across the 2D imaging plane. The dataset used for 

reconstruction is obtained from heterogeneous phantom measurement and calibrated with 

another dataset obtained from homogeneous phantom measurement. The calibration 

equation is:   

 Φ𝑠𝑎𝑙𝑠𝑘𝑠𝑎𝑠𝑒𝑑(ℎ𝑒𝑒𝑒𝑟𝑒) = Φ𝑚𝑒𝑎𝑠𝑚𝑠𝑒𝑑(ℎ𝑒𝑒𝑒𝑟𝑒) − 

�Φ𝑚𝑒𝑎𝑠𝑚𝑠𝑒𝑑(ℎ𝑒𝑚𝑒) −Φ𝑠𝑎𝑠𝑚𝑙𝑎𝑠𝑒𝑑(ℎ𝑒𝑚𝑒)� − Φ𝑒𝑓𝑓𝑠𝑒𝑠(𝑛𝑒𝑒) (2.1) 

where Φ is the data set consisting of logarithm of the amplitude, and the calibrated data 

set is used for reconstruction. Details about this calibration method can be found in [78].  

For each swine blood concentration, about 20 frames of raw data were acquired 

continuously. After putting all these datasets into the reconstruction program, it was 

found that the standard deviation of the recovered 𝜇𝑎 within the anomaly was less than 
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1% of the mean value of 𝜇𝑎, so the system and the algorithm were stable and only the 

result of one frame was listed here for each swine blood concentration. The reconstructed 

images of 𝜇𝑎 on the imaging plane with linearly increasing concentration of swine blood 

in the anomaly were listed in Figure 2.10(a) to (d). The reconstructed position of the 

anomaly met with its true position in the phantom. The reconstructed shape of the 

anomaly appeared to be stretched in the vertical direction and compressed in the 

horizontal direction. This is believed to be caused by the parallel source-detector 

arrangement of the slab geometry, which enhances imaging and reconstruction sensitivity 

in the vertical direction comparing to the horizontal direction. The true value of 𝜇𝑎 in 

each solution was calculated from the hemoglobin concentration measured with a 

commercial oximeter (Hb 201+, HemoCue AB, Sweden) prior to imaging. The average 

reconstructed 𝜇𝑎 within the inclusion was calculated for each case and a reasonably linear 

response was observed, as shown in Figure 2.10(f). The absolute value of recovered µa in 

the anomaly was found to be slightly larger than the true value, especially when the 𝜇𝑎 of 

the anomaly was close to the background. This could partly be due to the reflection index 

mismatch on the boundary of the anomaly. Fortunately the 𝜇𝑎  of the tumor region is 

usually much larger than that of the background, so it is not a big problem for clinical 

use. The artifacts close to the top boundary on these images were mainly caused by the 

coupling error of source and detector fibers, which can be repeated in simulation. The 

recovered mean background 𝜇𝑎 outside the anomaly remained constant for all phantoms 

as expected. 
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Figure 2.10. Direct reconstruction results of 𝜇𝑎 on the imaging plane of a 

heterogeneous phantom with different blood concentrations in the anomaly. (a)-(d) 

show reconstructed images of the phantom with swine blood concentration of 1%, 

2%, 3% and 4%. The reconstructed and true values of 𝜇𝑎  in the anomaly (marked 

as ROI) and in the background (marked as BKG) of different swine blood 

concentrations are listed in (e), and plotted in (f). 
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2.3.2 Difference Reconstruction of  𝝁𝒂 

Difference reconstruction method means to reconstruct only for the change of 𝜇𝑎 in 

the imaging plane with datasets of two frames. The equation is:  

Φ𝑑𝑠𝑓𝑓𝑒𝑠𝑒𝑘𝑠𝑒
𝑠 (ℎ𝑒𝑒𝑒𝑟𝑒) = Φℎ𝑒𝑚𝑒_𝑓𝑠𝑠

𝑠 (ℎ𝑒𝑒𝑒𝑟𝑒) + Φ𝑚𝑒𝑎𝑠𝑚𝑠𝑒𝑑
𝑠 (ℎ𝑒𝑒𝑒𝑟𝑒) 

−Φ𝑚𝑒𝑎𝑠𝑚𝑠𝑒𝑑
j (ℎ𝑒𝑒𝑒𝑟𝑒)         (2.2) 

where  Φ𝑚𝑒𝑎𝑠𝑚𝑠𝑒𝑑
j (ℎ𝑒𝑒𝑒𝑟𝑒)  is the logarithmic raw dataset of the chosen frame as the 

reference, which usually is the first frame. Φ𝑚𝑒𝑎𝑠𝑚𝑠𝑒𝑑
𝑠 (ℎ𝑒𝑒𝑒𝑟𝑒)  is the logarithmic raw 

dataset of the 𝑖𝑠ℎ  frame. So �Φ𝑚𝑒𝑎𝑠𝑚𝑠𝑒𝑑
𝑠 (ℎ𝑒𝑒𝑒𝑟𝑒) −Φ𝑚𝑒𝑎𝑠𝑚𝑠𝑒𝑑

j (ℎ𝑒𝑒𝑒𝑟𝑒)�  contains the 

information corresponding to the change of 𝜇𝑎 in the imaging plane. Φℎ𝑒𝑚𝑒_𝑓𝑠𝑠
𝑠 (ℎ𝑒𝑒𝑒𝑟𝑒) 

is the homogenous fitting of the actual heterogeneous phantom, and it is used to provide a 

homogeneous “baseline” for 𝜇𝑎  reconstruction. So the dataset Φ𝑑𝑠𝑓𝑓𝑒𝑠𝑒𝑘𝑠𝑒
𝑠 (ℎ𝑒𝑒𝑒𝑟𝑒) 

should generate an image that only displays the difference of  𝜇𝑎 of two frames on top of 

the “baseline” homogeneous background. This information of 𝜇𝑎 variation could be more 

meaningful clinically, especially in hemodynamics monitoring. Another big advantage of 

this method is that the noise introduced in the experiment could be largely canceled out, 

leaving an image with much less artifact.  

Diffuse tomography reconstruction was performed after pre-processing the 

experimental data according to Equation 2.2. The time needed to reconstruct one frame 

depends mainly on the size of the mesh. For the mesh used here which contains 1405 

nodes, it takes around 10 seconds to reconstruct one frame on a standard laptop. 200 

frames totally took about 33 minutes to process. 
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The difference reconstruction results of 𝜇𝑎  with different swine blood 

concentrations in the anomaly are listed in Figure 2.11(a)-(d). For the same reason as in 

the direct reconstruction case, only the reconstructed image of one frame out of about 20 

frames was listed in Figure 2.11 for each swine blood concentration. The artifacts around 

boundaries were largely removed as expected. However, the position of the reconstructed 

anomaly shifted a little towards the upper boundary of the phantom. It was verified 

through simulation that this position shift towards the boundary didn’t exist with noise-

free data, but it became more and more apparent with increasing noise level because 

closer to the boundary means higher imaging and reconstruction sensitivity. Although the 

noise was largely canceled with this difference reconstruction method, it is difficult to 

estimate the effect of the remaining noise on the reconstructed images. The reconstructed 

mean value of 𝜇𝑎 in the anomaly met with the true value reasonably well, and the 

reconstructed 𝜇𝑎 value of the background kept constant as expected, as shown in Figure 

2.11. 
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Figure 2.11. Difference reconstruction results of  𝜇𝑎  on the imaging plane of a 

heterogeneous phantom with different blood concentrations in the anomaly. (a)-(d) 

show reconstructed images of the phantom with swine blood concentration of 1%, 

2%, 3% and 4%. The reconstructed and true values of difference  𝜇𝑎 in the anomaly 

(marked as ROI) and in the background (marked as BKG) of different swine blood 

concentrations are listed in (e), and plotted in (f). 
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2.3.3 Region-based Reconstruction of  𝝁𝒂 

A region-based direct reconstruction method was also applied to this dataset. 

According to this method, the imaging plane can be segmented into several homogeneous 

regions based on the structural information obtained in advance from other imaging 

modalities, e.g. MRI and x-ray CT. The iterative update is then simplified from the 

situation where nodes are reconstructed individually, to the problem where only the 

parameters for each homogenous region are estimated in the inversion [80].  

In this case, the mesh was segmented into two regions, the anomaly region (marked 

as ROI) and the background region (marked as BKG), as shown in Figure 2.12(a). So 

instead of inverting a matrix that is thousands of rows, it has just 2 rows, one for each 

region. The advantage of this method is that the contrast is enhanced between the 

anomaly and the background, and artifact and noise are greatly removed because of the 

strong averaging effect of this algorithm. The figure and table in Figure 2.12(b) and (c) 

showed a very good linear relationship between blood concentration and the 

reconstructed 𝜇𝑎 in the anomaly. And no obvious offset was noticed with small blood 

concentration. These features make this method advantageous comparing to the FEM 

based algorithm in section 2.3.1 and 2.3.2. Although the slope of the reconstructed 𝜇𝑎 

curve is not as steep as the true 𝜇𝑎 curve, the difference is not large at all.  
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Figure 2.12. (a) The segmented mesh for region-based reconstruction. (b) A plot of 

the reconstructed and true values of 𝜇𝑎 in the anomaly (marked as ROI), and the 

reconstrued 𝜇𝑎  of the background (marked as BKG) of different swine blood 

concentrations. (c) A list of all reconstruction results in (b). 

 

2.4 Dynamic Blood Phantom Imaging Experiment 

To verify the responsivity of the system to dynamic changes in absorption contrast, 

two experiments were designed. The first experiment was to monitor the variation of 

absorbance inside a static anomaly in a blood phantom. The second experiment was to 

monitor the position of a moving anomaly in a blood phantom.  

2.4.1 Static anomaly with varying absorption property 

The phantom and system setup were the same as the static phantom experiment 

described in section 2.3. Initially, the anomaly was filled with 1% intralipid solution. 

After imaging the phantom at 20 frames per second for about 30 seconds, swine whole 

blood was added into the anomaly slowly by manually pushing the blood out of a syringe. 
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The adding process took about 50 seconds, and the phantom was continuously imaged for 

about 40 seconds after finishing adding blood.  

Result of direct reconstruction was shown in Figure 2.13. The time of the first 

rising point and the time 𝜇𝑎 reached the maximum value fitted well with the experiment 

procedure. The reconstructed 𝜇𝑎  value in Figure 2.13(a) couldn’t be verified by the 

averaged concentration of the swine blood, because the solution in the anomaly was not 

stirred during the whole imaging process to avoid the impact of the stirring tool. 

Therefore the blood was not evenly distributed in the anomaly, and it was meaningless to 

calculate the true 𝜇𝑎 value based on the volume of swine blood added into the inclusion. 

Some boundary artifact was noticeable in Figure 2.13(b). But generally the position of 

the anomaly and the trend of 𝜇𝑎 met with the actual situation. 

 

Figure 2.13. (a) The reconstructed 𝜇𝑎  of the anomaly (marked as ROI) and the 

background (marked as KG), using the direct reconstruction method. (b) 

Reconstructed images at several time points (in seconds). 

Result of difference reconstruction was shown in Figure 2.14. The dataset of the 

first frame was used in the difference reconstruction as the “baseline” to be subtracted by 
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the datasets of following frames. In the first 30 seconds there is no change of the absorber 

in the anomaly because no blood was added, so after subtraction only the homogenous 

fitting part was left in the dataset and the reconstructed images should appear 

homogeneous, which agreed well with the first 30 seconds of the 𝜇𝑎  curves in Figure 

2.14(a). As more blood was added into the anomaly, 𝜇𝑎  in the anomaly gradually 

increased to a peak at around 80 seconds and then reached a stable status, as curve 𝜇𝑎𝑅𝑅𝑅 

shown in Figure 2.14(b). The recovered images have much less boundary artifact, and the 

position of the anomaly was shifted a little towards the boundary, which agreed with the 

findings about the features of difference reconstruction method in section 2.3.2.  

 

Figure 2.14. (a) The reconstructed 𝜇𝑎  of the anomaly (marked as ROI) and the 

background (marked as BKG), using the difference reconstruction method. (b) 

Reconstructed images at several time points. 

Result of region-based reconstruction was shown in Figure 2.15. The curve 

𝜇𝑎 𝑅𝑅𝑅 is identical to the curve of the direct reconstruction method in Figure 2.13(a) with 

two exceptions. The first is that the 𝜇𝑎 value of this method is slightly smaller than that of 
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the direct reconstruction method. The second is that the first 30 seconds of the curve 

𝜇𝑎 𝑅𝑅𝑅  of the region-based reconstruction method is smaller than that of the direct 

reconstruction method. These two exceptions agreed very well with the comparison in 

section 2.3, where it has been found that the region-based reconstruction method has 

better linearity than the direct reconstruction method when the contrast between the 

anomaly and the background is small, and the 𝜇𝑎 value recovered by the region-based 

method is usually slightly smaller than that recovered by the direct reconstruction 

method. 

 

Figure 2.15. The reconstructed 𝜇𝑎  of the anomaly (marked as ROI) and the 

background (marked as BKG), using the region-based reconstruction method. 

Overall, the results listed in Figure 2.13 to Error! Reference source not found. 

demonstrated the reliable functioning of this video-rate tomography system to catch 

dynamic varying absorption property at imaging speed of 20 frames per second through a 

thick tissue-like phantom. And all three reconstruction methods can recover the temporal 

variation of 𝜇𝑎 in the anomaly.  
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2.4.2 Moving anomaly with constant absorption property 

This experiment was designed to test the system’s ability to catch the position of a 

moving anomaly inside a slab-shaped liquid phantom. Because the view of the slab-

shaped interface design is limited comparing to the conventional circular design, it is 

important to test the effective view range of the system. 

The experimental setup is shown in Figure 2.16. A 72 mm thick slab-shaped high-

density polypropylene bottle (32 oz HDPE Rectangular Bottle, Nalgene) was filled with 

1% intralipid solution. Swine blood was added in and mixed well. Source fibers and 

detection fibers were placed on two sides of the liquid phantom. 7 sources and 7 detectors 

were used in this experiment. A half-transparent while plastic tube of 20 mm in diameter 

containing the mixture of swine whole blood and 1% intralipid was immersed into the 

solution vertically. The tube moved slowly from side to side while the CCDs on the 

detection cart were synchronized to image continuously at 10 Hz.  

 

Figure 2.16. The setup of the moving anomaly experiment with the slab tank which 

contained solution made of intralipid and blood. Here the black fibers were for 

detection, and the orange fibers were source delivery from laser diodes.  
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After careful calibration, both direct and difference reconstruction methods were 

applied to the dataset. Region-based algorithm was not used in this case because prior 

information about the position of the tube was unavailable in this experiment.  

The results of the direct and difference reconstruction algorithm are shown in 

Figure 2.17 and Error! Reference source not found. separately. In this experiment, the 

coupling error didn’t appear to be large, and no severe boundary artifact was noticed in 

both methods. Thus there is no obvious difference in the image quality of these two 

methods. The view limitation of the slab geometry is obvious in both cases, and the tube 

couldn’t be well characterized when it moved close to the uppermost or lowest source-

detector pairs. The location and the shape of the tube were better characterized when it 

was closer to the center of the source-detector arrays. 

 

Figure 2.17. Images of the tube at different locations recovered with the direct 

reconstruction method. 
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Figure 2.18. Images of the tube at different locations recovered with the difference 

reconstruction method. 

2.5 Pulsatile Phantom Experiment 

The clinical goal of this video-rate NIR tomography system was to image tissue 

hemodynamics. Thus a pulsatile phantom experiment was carried out to test the ability of 

this system to image an anomaly in real-time whose absorption property varied at a preset 

frequency and had moderate effect on the transmitted signal. The experimental setup is 

illustrated in Figure 2.19. Solution made of 1% intralipid and low concentration of indian 

ink was filled into a 72 mm thick slab-shaped high-density polypropylene bottle (32 oz 

HDPE Rectangular Bottle, Nalgene) to provide a homogeneous background with low 𝜇𝑎. 

The plastic bottle was colorless with a cloudy appearance that prevented straight light 

channeling laterally, so it was a fairly good container for this experiment. Several sides of 

the bottle were sealed with black tape to minimize the impact of boundary mismatch. 

Another tank held liquid solution of the same 1% intralipid and 3 times concentration of 

indian ink as that in the Nalgene bottle. So the absorption contrast of two solutions was 

3:1. The high 𝜇𝑎 solution was continuously pumped from the tank into a latex tube with 
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an internal diameter (ID) of ¼ inch. This tube was connected to one end of a T-shape 

connector. The second end of the T-shape connector was connected to an outgoing clear 

vinyl tube with the same ID and directed the high absorbing solution back to the tank. A 

white balloon was tied up to the third end of the connector and sealed with water-proof 

glue. The connector was fixed on a three-jaw chuck with the balloon submerged into the 

low 𝜇𝑎 solution in the Nalgene bottle. The incoming tube was periodically compressed by 

the rotational part of a pump (503U/RL, Watson-Marlow L.L.C.) at a preset frequency. 

The pump was driven by a frequency-adjustable 0~10 Volt square wave voltage 

generator. Therefore the high 𝜇𝑎 solution was pumped through the T-shape connector in 

pulsatile mode at the same frequency, and so does the expansion and contraction of the 

balloon.  

 

Figure 2.19. System setup of the pulsatile phantom experiment is shown. High 𝜇𝑎 

solution was continuously pumped through a balloon at 0.5 Hz. The balloon was 

submerged in a 72 mm thick slab container filled with low 𝜇𝑎  solution. The 

absorption contrast of the solution inside the balloon against outside was 3:1. Eight 

LDs were launched as sources, and 6 CCDs were set as detectors to acquire data at 

10 frames per second. Slit widths on all spectrometers were set to 100 µm.  
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This pumping system was designed to mimic the periodical change in absorption 

seen in vaso-activity within tissue. The video-rate tomography system was used to image 

and recover this pulsatile change of the absorbing content, and quantify the magnitude of 

the effect upon the transmitted signal. The experiment was designed such that the 

elasticity of the balloon would only allow response below pumping frequencies of 1 Hz. 

0.5 Hz was chosen as the pumping frequency for this experiment. Most of the high 𝜇𝑎 

solution was pumped through the T-shape connector directly. Only a small amount of the 

high 𝜇𝑎 solution was pushed into the balloon because of the small pressure difference 

between the incoming and outgoing tubes. The volume of high 𝜇𝑎 solution in the balloon 

and thus the size of the balloon would vary periodically according to the pumping 

frequency, but only on a very subtle scale which was barely apparent and not measurable. 

So the variation of 𝜇𝑎 in the balloon was expected to be very small. 
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Figure 2.20. Raw signals of different S-D pairs in frequency domain. (a) illustrates 

the 3 different optical paths through the phantom with straight lines. D1 to D6 were 

6 detection spots connected to spectrometers through detection fibers. S1 to S8 

were 8 laser beam input spots connected to LDs through source fibers. (b) shows 

the time domain signal and its frequency domain spectrum of path 1. The frequency 

domain amplitude has been normalized to its mean value. (c) shows the time 

domain signal and its frequency domain spectrum of path 2. (d) shows the time 

domain signal and its frequency domain spectrum of path 3.  
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The detected signals for 3 optical paths in the frequency domain are displayed in 

Figure 2.20. After subtracting the mean value of each signal to remove DC component, 

each signal was Fourier transformed and normalized to the intensity of its DC 

component. The relative intensity of every frequency component in the frequency domain 

spectrum reflects the portion of signal caused by the varying portion of 𝜇𝑎versus that by 

the 𝜇𝑎 background. It is obvious from Figure 2.20(b) that path 1, which was the shortest 

and went directly through the balloon, received the strongest 0.5 Hz pulsatile information 

which was up to 1.5% of DC component. Path 2 received almost no pulsatile signal since 

its light path was far from the balloon. Path 3 was the longest, but it did receive a 

moderate pulsatile signal because the balloon was in its light path. The pulsation part of 

flow below 1.5% is approximately what is seen in pulse oximetry, so this experiment is a 

good example with typical physiological signal level.  

After imaging the pulsatile phantom at 10 frames per second for 20 seconds, the 

raw dataset was calibrated and put into the reconstruction program. Mean 𝜇𝑎  of the 

balloon using direct reconstruction algorithm versus time is shown in Figure 2.21(a). It 

shows a blurry periodical trend, but it is hard to be distinguished from the noise. A 

Fourier transform was applied to the  𝜇𝑎  curve, and the result was shown in Figure 

2.21(b). Since the experimental imaging speed was 10 Hz, the highest distinguishable 

frequency after Fourier transform was 5 Hz. There is a peak right at 0.5 Hz, but several 

other peaks with similar intensity at higher frequencies made it not convincing to 

conclude the system had picked out the desired pulse. The result of difference 

reconstruction was not listed here, because the difference 𝜇𝑎 was very small and could 

not be clearly discerned from reconstruction artifacts around.  
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Figure 2.21. (a) Mean value of reconstructed 𝜇𝑎 in the balloon versus time using 

direct reconstruction method. (b) Fourier transform of 𝜇𝑎 in (a). (c) Mean value of 

reconstructe 𝜇𝑎 in the balloon versus time using the region-guided reconstruction 

method. (d) Fourier transformed of 𝜇𝑎 in (c), which shows the dominance of the 0.5 

Hz signal in the frequency spectrum. 

The region-based reconstruction method was also applied to this dataset. The two 

regions defined in this experiment were from direct measurement of the size of the 

container and the shape and location of the balloon. Since the change of the balloon size 

was too small to measure between the pulsatile motion, it was assumed to be constant. In 

Figure 2.21(c) the recovered 𝜇𝑎  of the balloon versus time showed a clear periodical 

trend, and after Fourier transformation a sharp peak at 0.5 Hz was recovered in Figure 

2.21(d), which is much higher than the background. This peak verifies that the region-

based method does allow recovery of the pulsatile varying absorption content in the 
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balloon, because of its strong noise suppression and superior linear response, as 

discovered before in the static phantom experiment.  

2.6 Summary 

The goal of this system is to achieve high-speed imaging of the dynamics of blood 

pulsation, and to validate that this system can be used to recover subtle signals in tissues. 

These phantom experiments have shown the feasibility of using this single wavelength 

spectral-encoded tomography system to perform high speed imaging through thick 

tissues, of the size required in clinical breast imaging.  

This system was built around CCD detection which allows only CW detection, and 

does not have the capability to image frequency domain data. This choice was 

intentionally made because PMT or APD cannot detect multiple wavelengths 

simultaneously without frequency modulation, and frequency modulation has its own 

problem of large signals overwhelming small signals. The tradeoff is the lack of the 

capability to accurately recover exact 𝜇𝑎  and 𝜇𝑠′  independently from one another. 

However the application of this system at this stage is focused on vascular pulsatile flow 

imaging, and in this case 𝜇𝑠′  remains largely static. Thus the errors in assumed 𝜇𝑠′  will 

mostly contribute to an overall offset of recovered 𝜇𝑎. And this offset could be small if a 

reasonable value of 𝜇𝑠′  is used.   

The static and dynamic phantom experiments in section 2.3 and 2.4 illustrated the 

ability of the system to image heterogeneities through tissue-like media of 7 cm thick at 

high speed. Both the direct and difference reconstruction methods worked well in 

recovering the anomaly in slab-shaped phantoms, especially when the contrast between 

the anomaly and the background was large enough. The benefit of the direct 
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reconstruction method is that the reconstruction result is a straightforward depiction of 

the distribution of 𝜇𝑎 , while its flaws include slight overshoot in the reconstructed 𝜇𝑎 

values with small contrast of the anomaly and the background, and apparent artifact 

around boundaries caused by experimental noise. The difference reconstruction method is 

better at suppressing boundary artifact, but the position of the anomaly always shift a 

little towards the boundary, and the fitted homogeneous background doesn’t have a clear 

physiological meaning. The region-based reconstruction method is the strongest in noise 

suppressing, and it has superior linear response even with small 𝜇𝑎 contrast in the media, 

but it heavily relies on the prior structure information of the media, the heterogeneity in 

each region cannot be recovered, and it is not appropriate for imaging applications with 

moving regions. 

In the pulsatile phantom experiments, the pumping system was used to create the 

challenge of accurately detecting very subtle periodic variation of absorbance. The tiny 

volume change of the anomaly resulted in 1% periodic change in the observed 

transmission signal. The 𝜇𝑎 variation of the anomaly could not be usefully recovered with 

the direct and difference reconstruction methods, as might be expected for a system 

where the signal change is only 1% and the system noise always exists. Thus, the 

application of algorithms based solely on diffuse tomography will be limited in a realistic 

tissue imaging situation, without a significant improvement in signal to noise or 

calibration of the system. However, image-guided reconstruction of 𝜇𝑎, using a region-

fitting based method, did recover the subtle signal changes with great SNR. Thus in the 

following sections of this thesis, this reconstruction method is utilized in the context of 

MRI-guided hemodynamic imaging. 
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Chapter 3. Dual-wavelength Near-Infrared  

Dynamic Oximetry Imaging System 

Regions with increased vasculature density and chaotic blood circulation within 

breast tumors can be used to distinguish the most aggressive parts of a tumor from the 

surrounding tissue. Tumors have increased hemoglobin levels and potentially decreased 

oxygen saturation [23, 24], and these two critical pathophysiologic biomakers are 

detectable with NIR optical tomography. The system described in Chapter 2 can recover 

the spatial distribution of 𝜇𝑎  at 785 nm, which represents the total absorbance of all 

chromophores at that wavelength. To make the video-rate NIR tomography technique 

more appropriate for clinical breast diagnosis, the system was updated to include one 

more wavelength band at 830 nm, aiming at recovering temporal spatial information 

about total hemoglobin ( ) and oxygen saturation ( ). The lasers were all injected into one 

side of the breast and the spectrometer detection was collected on the opposite side. This 

chapter describes this dual-wavelength band approach to NIR imaging which allows 

dynamic oximetry assessment. 

3.1 System Design 

There are four major chromophores in breast tissue, i.e. oxyhemoglobin, reduced 

hemoglobin, water and lipid. Therefore at least four LD sources at different wavelength 

are required to fully recover the concentration of each chromophore, from which  and  

could then be calculated. And that is why many NIR tomography systems apply a multi-

spectral approach to measurement, with four to seven wavelengths. But it is hard to 

realize such a design with the spectrally-encoded laser diode technique, because currently 
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it is technically difficult to produce a CCD which has a spectrum coverage of hundreds of 

nanometers for widely separated laser wavelengths while maintain the resolution of sub-

nanometer to distinguish between spectrally-encoded laser diodes within the same 

wavelength band. The combination of one grating with multiple CCDs inside a 

spectrometer may make this design feasible, but the cost and effort involved would be 

tremendous. 

Facing these challenges, the only practically feasible design at current stage was to 

include one more spectral-encoded source band in addition to the existing 785 nm 

wavelength band. Dynamic information about HbO and Hb were chosen to be the target 

for this new dual-wavelength NIR tomography system, because they have relatively large 

temporal variation in vivo and can be used to calculate  and  which are important 

biomarkers for breast cancer diagnosis, while the concentration of water, lipid, and prior 

information of µs′  are relatively constant over time and can be obtained from other 

imaging modalities, such as MRI or another multi-spectral NIR tomography system.  

The 830 nm LDs were chosen as the second spectral-encoded source band for 

several reasons. Firstly, wider wavelength coverage and larger difference in absorption 

spectra are generally more beneficial for the recovery of chromophore concentrations. 

Since the maximum coverage of the spectrometer is about 55 nm with the 1200 

grooves/line grating, the possible options for the second wavelength band were from 730 

nm to 840 nm. Secondly, the isobestic point of the absorption spectra of Hb and HbO is at 

805 nm. The crossing pattern formed around this isobestic point by 𝜇𝑎(𝐻𝐻)  and 

𝜇𝑎(𝐻𝐻𝑂) at 785 nm and 830 nm is more beneficial for the separation of Hb and HbO 

than that of the combination of 785 nm and 730 nm. Thirdly, there were many more LD 
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types and manufacturers to choose from at 830 nm, so it was much more economical to 

proceed with this wavelength. 

Even so, it was much harder to find appropriate 830 nm LDs than 785 nm LDs. 

And a long time was spent in selecting 830 nm LDs whose wavelengths could keep stable 

at a fixed wavelength without mode hopping to other lasing wavelengths. Finally seven 

830 nm LDs of three types (DL5032-001 from Sanyo, HL8325G from Hitachi, and 

LT015MD from Sharp) were selected and installed on the source cart to form the second 

wavelength band. To avoid saturating the CCDs, the LDs of both wavelength bands were 

settled on the same side of the slab interface in the following experiments, while all CCD 

detectors were coupled from the other side of the interface. To save space, seven fiber 

couplers were made, each of which had two 400 µm core fibers threaded through and 

glued tightly, one connected to a 785 nm LD and the other connected to an 830 nm LD, 

as shown in Figure 3.1(a). These fiber couplers were inserted into the customized holes 

with 0.4 inch interval in between on the source side of the slab interface in the following 

experiments.  
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Figure 3.1. (a) The fiber coupler housing two 400 µm core fibers. These two fibers 

were aligned vertically with 0.06 inch center-to-center distance. (b) The cross 

section dimensions of the fiber coupler. (c) The source fiber plate. (d) The detector 

fiber plate. (e) The tissue/phantom interface.  

Seven spectrometers were used as detectors, and the center wavelength of the 

gratings was set to be 805 nm so that signals of all LDs of both wavelength bands could 

be covered. The normalized spectra of all laser LDs measured in turn by the same CCD 

are shown on Figure 3.2. The synchronization and data collection parts were the same as 

the single-wavelength system described in Chapter 2. 

 

Figure 3.2. The spectra of 14 LDs of two spectrally-encoded source bands is shown 

as read out on a single spectrometer sequentially. 

The stability of the output power and wavelength of the 830 nm band LDs were 

also tested in a 20 minutes continuous sampling experiment similar to the one did on 785 

nm band LDs in section 2.1.1. And the results are shown in Figure 3.3. The output 

intensities of the seven 830 nm LDs with regard to time are shown in Figure 3.3(a). 

Besides the offset intensity differences caused by differences in LD output power and 

source-detector distances, there were obvious large hops of output power around the  



- 65 - 
 

minute and the  minute. These were caused by mode hopping of the 830 nm LDs, which 

manifests itself by the lasing wavelength of a LD suddenly changing and mixing with the 

wavelength of another LD. This phenomenon could be seen in the wavelength stability 

plot shown in Figure 3.3(b). Fortunately the signal intensity variation caused from mode 

hopping and wavelength mixing was so large that those abnormal time points could be 

easily picked out of the final data with a customized automatic MATLAB routine. The 

standard deviation divided by the output power of the 830 nm LDs is shown in Figure 

3.3(c), and the standard deviation of wavelengths of 830 nm LDs is shown in Figure 

3.3(d), both of which were calculated after removing mode hopping points. Most 830 nm 

LDs showed output power variation between 0.4% and 0.8% except the first one. And the 

maximum wavelength deviation of 0.17 nm of LD #4 was deemed acceptable for use in 

the system once characterized. The optimal temperature and current setting for all 830 nm 

LDs are listed in The optimal current and temperature settings of the seven 830 nm LDs 

are listed in Table 3.1. Iknob is the current setting on the rotating knob for the LDs. The 

knob has a range of 0.02 to 1.00 with 0.02 resolution. The actual LD current 

corresponding to this value can be measured on the current control board. The Iknob 

values of the  and  830 nm LDs are the actual current value in the unit of mA, because 

their current control boards were of different types and were not connected to the knob or 

display screen. Tset is the preset temperature for a LD, and Tact is its actual temperature. 

The temperature corresponding to Tset and Tset can be calculated from a characteristic 

curve of the temperature control board. It has to be noted that these settings may need 

retuning every several months to compensate for the device aging. 
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Table 3.1. And a LABVIEW program customized to collect data of both 

wavelength bands from all the CCDs is shown in Figure 3.4. 

 

Figure 3.3. Stability test of the 7 LD sources in the 830 nm wavelength band are 

shown including: (a) The intensity stability of the LDs. (b) The wavelength stability 

of the LDs. (c) The standard deviation of intensity divided by the average intensity 

of the LDs. (d)  The standard deviation of wavelength of the LDs. 

The optimal current and temperature settings of the seven 830 nm LDs are listed in 

Table 3.1. 𝐼𝑘𝑘𝑒𝑘 is the current setting on the rotating knob for the LDs. The knob has a 

range of 0.02 to 1.00 with 0.02 resolution. The actual LD current corresponding to this 

value can be measured on the current control board. The 𝐼𝑘𝑘𝑒𝑘 values of the  and  830 nm 

LDs are the actual current value in the unit of mA, because their current control boards 
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were of different types and were not connected to the knob or display screen. 𝑇𝑠𝑒𝑠 is the 

preset temperature for a LD, and 𝑇𝑎𝑠𝑠  is its actual temperature. The temperature 

corresponding to 𝑇𝑠𝑒𝑠  and 𝑇𝑠𝑒𝑠  can be calculated from a characteristic curve of the 

temperature control board. It has to be noted that these settings may need retuning every 

several months to compensate for the device aging. 

Table 3.1. The optimal current and temperature settings for 830 nm LDs. 
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Figure 3.4. (a) The interface of the LABVIEW program to collect and display the 

spectra of detected signals on the CCDs. (b) The LABVIEW VI section to initialize 

all CCDs with preset parameters. (c) The LABVIEW VI section to collect and 

display data of all CCDs. 

3.2 Total hemoglobin recovery 

To accurately recover the total hemoglobin within the target media is an important 

function of this dual-wavelength system. A tissue-simulating phantom with a thickness of 

63 mm and a lateral dimension of 120 mm was made from agarose powder, intralipid, 
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porcine whole blood and phosphate buffered saline (PBS), according to a previously 

published procedure [81], and is pictured in Figure 3.5. The 0.75% intralipid 

concentration of the phantom resulted in a reduced scattering coefficient 𝜇𝑠′  of 0.76 mm-1 

at 785 nm and 0.72 mm-1 at 830 nm [79].  was set to 15 µM in the phantom, which was 

within the normal range for  level in human breast tissue.  of the phantom were close to 

100%, because of the fresh porcine whole blood used in making the phantom. The 

phantom included a cylindrical anomaly of 20 mm diameter in the middle of the 

phantom. The anomaly was first filled with a solution of 15 µm  and 0.75% intralipid to 

make the phantom optically homogeneous, and a measurement was made. Then the 

solution in the anomaly was manually withdrawn with a syringe, and the anomaly was 

filled with a batch of solutions of increasing  and constant 0.75% intralipid concentration. 

One measurement was made for each new solution. The  of the solution batch increased 

from 15 µM to 40 µM.  

 

Figure 3.5. The agarose phantom with a liquid anomaly in the middle, used to vary 

hemoglobin levels in a single inclusion. The light sources were guided by the 

orange fibers on the right, and the black detection fibers on the left were connected 

to the spectrometers. 
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After compensating for the intensity of the different lasers and the efficiency of the 

detectors, each dataset was calibrated with the homogeneous measurement. A 2D slab-

shaped mesh of 5249 nodes was created and segmented into the anomaly region and the 

background region according to the exact dimensions of the phantom. Then the region-

based reconstruction method was applied to the datasets to fit for oxyhemoglobin and 

deoxyhemoglobin values. The results from a systematic increase in total hemoglobin and 

corresponding fits are shown in Figure 3.6. 

 

Figure 3.6. (a) The reconstructed and true total hemoglobin in the anomaly region 

and the background are plotted, showing the expected linear and flat trends. (b) The 

reconstructed  in the anomaly and the background are shown, with less than 2% 

standard error in both cases. 
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The  of both the background and the anomaly had small fluctuations, with 

approximately 2% error (standard deviation of the ratio between recovered and true ). 

The reconstructed  of the background remained constant and agreed very well with the 

true value of 15 µM. The  of the anomaly agreed well with the true value for lower  

solutions, and was slightly overestimated with increased  in the anomaly region. Besides 

system noise, hemoglobin residual from previous syringe withdrawn could be a cause, 

and local variations in total hemoglobin in the anomaly liquid might contribute as well. 

However, the largest absolute error was only 8.3% in the 35 µM case, which was quite 

reasonable for breast imaging with this system, especially given there are only two 

wavelength bands and relatively narrow wavelength coverage.  

3.3 Dynamic Oxygen Saturation Recovery 

Oxygen saturation is another important biomarker for breast cancer diagnosis. To 

test the system’s ability to recover  especially at high speed, a deoxygenation experiment 

with yeast was carried out. A slab-shaped agarose phantom identical to the one in Figure 

3.5 was made and used as the background, while the anomaly in the middle was filled 

with solution of high  concentration and 0.75% intralipid. A reflectance-based tissue 

oximeter (T-Stat 303, Spectros Corporation, Portola Valley, CA) was set up to monitor 

the  in the anomaly simultaneously with the NIR system, as shown in Figure 3.7. The 

tissue oximeter utilizes a reflectance signal from the visible wavelength range of 420 nm 

to 700 nm for hemoglobin oxygenation spectral fitting, so its signal was filtered out by 

the grating on the NIR system and didn’t contaminate the NIR signal on the detector, 

allowing both systems to operate at the same time. Yeast was added to the liquid anomaly 

region and mixed well immediately before measurements were recorded. The tissue 
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oximeter sampled at 1 Hz, while the sampling period of the NIR system was 60 ms. The 

entire deoxygenation process lasted for 10 minutes before the  reading of the tissue 

oximeter settled to a constant value near 5% saturation, effectively showing the minimum 

value detectable for desaturation.  

 

Figure 3.7. (a) The setup of the deoxygenation experiment is shown, with the blue 

probe of the reflectance tissue oximeter extended into the anomaly in the phantom. 

(b) The interface of the reflectance tissue oximeter (T-stat, Spectros Inc.). 

The NIR data was calibrated and reconstructed frame by frame using the region-

based reconstruction method. The reconstructed  of the solution in the anomaly was 

plotted together with the reading from the tissue oximeter in Figure 3.8. Compared with 

the reading of the tissue oximeter (marked as reference in Figure 3.8), the slope of the  

curve of the NIR system was less steep, and the reading was slightly underestimated 

above 52% saturation and overestimated below this level. Although these two systems 

showed larger discrepancy for cases with very low  situations, for most clinical 

applications where  is usually above 40%, the difference of these two modalities was 

within a maximum of 10% difference. And if needed, the calibration of the NIR system 

should be easy since its reading was smooth and stable. The possible error of the 
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absorption caused by yeast in this experiment was not quantified, so the actual difference 

of these two systems could be even smaller. 

 

Figure 3.8. (a) The  readings from the two modalities (visible reflectance probe 

reference and spectrally-encoded NIR tomography) versus time of the experiment 

are shown. The same data is replotted in (b) for  from NIR tomography versus  by 

reflectance probe reference.  

3.4 Pulse Oximetry using NIR light 

 can be reconstructed from diffusion theory based finite element equations, and the 

value of the recovered  is a static parameter indicating the ratio of HbO to  in the volume 

of illuminated tissue. There is another NIR-based technique called pulse oximetry which 

can recover the  of only the pulsing arterial blood. This ratio is usually called 𝑆𝑝𝑂2, and 

has been found to be clinically useful as stated in section 1.3. Therefore, it could be 

potentially useful for the clinical diagnosis of breast tissue if the 𝑆𝑝𝑂2 of the breast tissue 

can be recovered from the NIR measurement with the dual-wavelength high-speed NIR 

tomography system. This section will explore the possibility of using the two 

wavelengths of this system to recover 𝑆𝑝𝑂2 in thick tissue. 
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Pulse oximeters calculate 𝑆𝑝𝑂2  from the light attenuation of two wavelengths, 

typically a red light wavelength (e.g. 660 nm) and a NIR wavelength (e.g. 940 nm). The 

signal processing technique of pulse oximetry is called the “Ratio of the Ratios”, which is 

based primarily on Beer’s law [19]. Take a finger pulse oximeter as an example. 

Absorbers in the finger include arterial blood, venous blood, bone, skin, muscle etc. 

Among these absorbers, the volume of arterial blood dominates the temporal change of 

the total absorbance, with diastole and systole phases being visible in the signal. So the 

time fluctuations of the transmitted light are caused mostly by the varying part of arterial 

blood.  

The absorbance related to the static part of transmitted light can be defined as 𝜇, 

which is the combined absorbance of all the static absorbers and scatter attenuation. The 

absorbance of arterial blood is defined as 𝜇𝐴. The original optical path length is 𝑑, and 

the increase of optical path length caused by pulse arterial blood is ∆𝑑. Supposing the 

intensity of incident red light to be 𝐼0, then average intensity of the transmitted light, or 

the static part, named 𝐼1 R is: 

𝐼1 = 𝐼0𝑒−𝜇∙𝑑                                                                       (3.1) 

The minimum of transmitted light signal, named 𝐼2 is: 

𝐼2 = 𝐼0𝑒−(𝜇∙𝑑+𝜇𝐴∙∆𝑑)                                                                 (3.2) 

To eliminate the factors including the incident light intensity 𝐼0, and the unknown and 

patient-dependent combined absorbance 𝜇, a ratio 𝑅 is defined as: 

𝑅 = 𝐼2/𝐼1 = 𝑒−𝜇𝐴∙∆𝑑                                                        (3.3) 
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And for red light and near-infrared light, these two ratios can be obtained as 𝑅𝑅 and 𝑅𝑁𝑅𝑅. 

The next step is to eliminate the unknown variable ∆𝑑. A ratio of the two ratios of two 

wavelengths, called 𝑅𝑅, is defined as: 

𝑅𝑅 =
ln(𝑅𝑅)

ln(𝑅𝑁𝑅𝑅) =
−𝜇𝐴(𝑅) ∆𝑑
−𝜇𝐴(𝑁𝐼𝑅) ∆𝑑

=
𝜇𝐴(𝑅)
𝜇𝐴(𝑁𝐼𝑅) 

 =
𝐶𝑒𝑛𝑐(𝐻𝐻𝑇) × SpO2 × EXT(HbO, R) + 𝐶𝑒𝑛𝑐(𝐻𝐻𝑇) × (1 − SpO2) × EXT(Hb, R)

𝐶𝑒𝑛𝑐(𝐻𝐻𝑇) × SpO2 × EXT(HbO, NIR) + 𝐶𝑒𝑛𝑐(𝐻𝐻𝑇) × (1 − SpO2) × EXT(Hb, NIR) 

  =
SpO2 × EXT(HbO, R) + (1 − SpO2) × EXT(Hb, R)

SpO2 × EXT(HbO, NIR) + (1 − SpO2) × EXT(Hb, NIR)                                            (3.4) 

From Equation 3.4 it is apparent that the value of 𝑅𝑅 only relates to the absorbance 

of arterial blood at two wavelengths, which in turn is determined by 𝑆𝑝𝑂2 in the arterial 

blood and the extinction coefficients of HbO and Hb at two wavelengths (shown as 

𝐸𝐸𝑇(𝐻𝐻𝑂,𝑅) , 𝐸𝐸𝑇(𝐻𝐻𝑂,𝑁𝐼𝑅) , 𝐸𝐸𝑇(𝐻𝐻,𝑅)  and 𝐸𝐸𝑇(𝐻𝐻,𝑁𝐼𝑅)  in Equation 3.4). 

Based on Equation 3.4 a curve of  𝑅𝑅 𝑣. 𝑠. 𝑆𝑝𝑂2 can be calculated, from which the 𝑅𝑅 

reading from a pulse oximeter attached on a human subject can be easily translated into 

the 𝑆𝑝𝑂2  value for clinical usage. But this curve is directly derived from Beer’s law 

which doesn’t consider scattering in tissue at all, so calibration for this curve is necessary. 

Additionally, there are actually four kinds of hemoglobins in human, HbO, Hb, 

methemoglobin and carboxyhemoglobin, while this curve only considers HbO and Hb, 

which could be another source of error for the curve. Therefore all pulse oximeter 

producers develop their own empirical curve of  𝑅𝑅 𝑣. 𝑠. 𝑆𝑝𝑂2 from a large amount of 

patient sampling and calibration. Still the curve derived directly from Equation 3.4 can be 

used in this study to explore the possibility of using the two wavelengths of the high-

speed NIR tomography system to recover 𝑆𝑝𝑂2 in thick tissue. 
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A figure containing two curves of  𝑅𝑅 𝑣. 𝑠. 𝑆𝑝𝑂2  is shown in Figure 3.9(a). The 

curve PO 𝜇𝑎 in Figure 3.9(a) only considers absorption, and was directly calculated from 

Equation 3.4 after bringing in the extinction coefficients of HbO and Hb at 660 nm and 

940 nm. The curve PO 𝜇𝑒𝑓𝑓 in Figure 3.9(a) considers both absorption and scattering, and 

it was calculated by replacing 𝜇𝐴 with 𝜇𝑒𝑓𝑓  in Equation 3.4, where 𝜇𝑒𝑓𝑓 is the effective 

attenuation coefficient, and its relation with absorption and scattering is: 

𝜇𝑒𝑓𝑓 = �3𝜇𝑎(𝜇𝑎 + 𝜇𝑠′)                                                        (3.5) 

The reduced scattering coefficient 𝜇𝑠′ at two wavelengths was calculated from an 

approximation to Mie scattering theory:  

𝜇𝑠(𝜆) = 𝐴𝜆−𝑆𝑃                                                                        (3.6)  

where A is the scattering power, and SP is the scattering amplitude. 𝐴 =  1.0  and 

𝑆𝑃 =  0.8 were used in this figure. Although these numbers may not meet exactly with 

the practical situation, the trend and conclusion are the same. As shown in Figure 3.9(a), 

𝑅𝑅 increases from 0.3 to 4.7 as 𝑆𝑝𝑂2 varies between 0% and 100% on the curve PO 𝜇𝑎. 

This range of 𝑅𝑅  is much larger than that of the curve PO 𝜇𝑒𝑓𝑓 , which means the 

difference in pulsation amplitude of two wavelengths are larger and thus SNR is larger 

when only absorption is considered. And this is a very important reason why most pulse 

oximeters are designed to be used on very thin tissues such as fingers and earlobes where 

the impact of scattering is small.  

The same calculation was performed on the 785 nm and 830 nm light of the NIR 

system, and the corresponding curves were plotted in Figure 3.9(b) as NIR 𝜇𝑎 and NIR 

𝜇𝑒𝑓𝑓. Because the difference of absorption properties at these two NIR wavelengths is 

much smaller than that of the PO, the 𝑅𝑅 range of the NIR wavelengths to cover the 
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whole 𝑆𝑝𝑂2 range is only about one sixth of that of the PO wavelengths, which means the 

SNR of the NIR system would degrade proportionally.  Besides, it is apparent that the 

existence of scattering steepened the slope of the curve NIR 𝜇𝑒𝑓𝑓  and thus further 

reduced the SNR in half compared with the curve NIR 𝜇𝑎. The 𝑅𝑅 ranges to cover the 

whole 𝑆𝑝𝑂2 range (0% to 100%) for the four curves in Figure 3.9 are 4.4 (PO 𝜇𝑎), 1.9 

(PO 𝜇𝑒𝑓𝑓), 0.64 (NIR 𝜇𝑎) and 0.32 (NIR 𝜇𝑒𝑓𝑓). Since it is impossible to ignore the impact 

of scattering for thick breast tissue, the curve NIR 𝜇𝑒𝑓𝑓 is the one that applies to the thick 

tissue with the NIR system using the “Ratio of the Ratios” method, whose SNR is nearly 

one fourteenth (0.32: 4.4 ≈ 1/14) of that of a typical PO.  

 

Figure 3.9. (a) The 𝑆𝑝𝑂2 - 𝑅𝑅 curve when typical PO wavelengths (660 nm and 

940 nm) are used. (b) The 𝑆𝑝𝑂2  - 𝑅𝑅 curve when two wavelengths of the NIR 

system (780 nm and 830 nm) are used. Curves with a postfix of 𝜇𝑎 only consider 

absorption, while curves with a postfix of 𝜇𝑒𝑓𝑓  consider both absorption and 

scattering. 
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To apply the “Ratio of the Ratios” method to the NIR system to measure 𝑆𝑝𝑂2, the 

first step is to test whether the severely deteriorated SNR of the NIR system is good 

enough to generate a stable output. If the system noise itself is large enough to disrupt the 

measurement, then this approach is definitely infeasible. To verify this, a balloon was 

filled with solution of 1% intralipid and diluted porcine whole blood and tied up. The 

balloon was then compressed between the slab phantom interface, with one source fiber 

and one detection fiber on each side. One 785 nm LD and one 830 nm LD was turned on 

as the sources, and one spectrometer was used as the detector to collect data at 20 Hz. 

The setup is shown in Figure 3.10.  

 

Figure 3.10. The experimental setup for the balloon experiment. 

The source fiber plate was slightly tilted repeatedly at a constant rate in the 

direction of the yellow arrow shown in Figure 3.10 during imaging. The volume change 

of the balloon was tiny, so the varying absorbance of the balloon was caused mostly by 

the small variation of the path length of the blood solution between the fiber plates. This 

dynamic process was designed to mimic the very similar pulsation of the arterial blood 

flow. Because the composition of the solution inside the balloon didn’t change, constant 

𝑆𝑝𝑂2 reading out of the measurement was expected. The whole imaging process took 150 
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seconds, and 10 seconds of the raw data of two wavelengths and their Fourier transform 

are shown in Figure 3.11 below. The raw data showed a clear periodic trend, and the 

Fourier transform spectra also showed a strong peak around 1.1 Hz. Three methods, 

which include direct calculation, statistical analysis based calculation, and frequency 

analysis based calculation, were used to calculate the 𝑅𝑅 value of the balloon experiment, 

trying to get stable reading of 𝑆𝑝𝑂2. 

 

Figure 3.11. (a) A 10-second data stream of the 785 nm raw data. (b) The Fourier 

transform of (a). (c) A 10-second data stream of the 830 nm raw data. (d) The 

Fourier transform of (c).  
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Figure 3.12. The flow chart of the direct calculation method to calculate 𝑅𝑅 and 𝑆𝑝𝑂2. 

The flow chart of the direct calculation method is shown in Figure 3.12. This 

method was based directly on the idea of the “Ratio of the Ratios”. To calculate the value 

of 𝑅𝑅, the peaks and valleys of the raw data of the two wavelengths are needed, where 

the peak values are used as 𝐼1 in Equation 3.1, and the valley values are used as 𝐼2 in 

Equation 3.2. But as shown in Figure 3.11, there were high frequency noises in the raw 

data from the NIR system which made it difficult to tell the exact positions of the true 

peaks and valleys. Thus a low pass filter was used at first to smooth the curve. The 

filtering process should not have altered the result, because the main frequency 

component of interest was preserved, and the principle of “Ratio of the Ratios” should be 

applicable to any non-zero frequency component of the pulsation. The second step was to 

calculate the forward difference, and the zero-crossing points were the location of peaks 

and valleys, as shown in an illustration in Figure 3.13. 

 

Figure 3.13.  Illustration of finding peaks and valleys of detected optical signal of 

two wavelengths during the steady state in order to calculate 𝑅𝑅 values. 

In order to avoid the influence of slightly changed source intensity, surrounding 

lighting, or average blood saturation which may result in a relatively large effect on the 
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difference in maximum and minimum intensity of the light levels, linear interpolation is 

commonly used to correct for the drift [19], which was the step 3 in Figure 3.12. An 

illustration of the optical signal under transient variation is shown in Figure 3.14, and the 

equation of the linear interpolation method is: 

𝐼max(𝑖)∗ = 𝐼max(𝑖) + [𝐼𝑚𝑎𝑒(𝑖 + 1) − 𝐼𝑚𝑎𝑒(𝑖)] ×
[𝑒𝑚𝑠𝑘(𝑖) − 𝑒𝑚𝑎𝑒(𝑖)]

[𝑒𝑚𝑎𝑒(𝑖 + 1) − 𝑒𝑚𝑎𝑒(𝑖)]          (3.7)   

where 𝐼max(𝑖)∗ is the peak value after correction. The correction for valley values was 

similar.  

After the correction step, the 𝑅𝑅 value of the 𝑖𝑠ℎ period can then be calculated as: 

𝑅𝑅(𝑖) =  
ln[𝐼max𝑠𝑤1(𝑖)∗/𝐼min𝑠𝑤1(𝑖)∗]
ln[𝐼max𝑠𝑤2(𝑖)∗/𝐼min𝑠𝑤2(𝑖)∗]

                                  (3.8) 

 

 

Figure 3.14. Illustration of a detected optical signal during transient state. 

The 𝑅𝑅  curve was smoothed with the 10-point smoothing algorithm, based on 

which the 𝑆𝑝𝑂2 curve could be calculated finally. The result is shown in Figure 3.15. The 
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stability of both the 𝑅𝑅 curve and the 𝑆𝑝𝑂2 curve was not satisfying, as the recovered 

𝑆𝑝𝑂2 varied within a large range of 20% instead of being constant as expected. 

 

Figure 3.15. (a) The 𝑅𝑅 curve obtained with the first method in equation 3.8. (b) 

The 𝑆𝑝𝑂2 curve calculated from (a) according to equation 3.4. 

 

Figure 3.16. The flow chart of the statistical analysis based method to calculate 𝑅𝑅 

and 𝑆𝑝𝑂2, where pct is short for percentile. 

The flow chart of the statistical analysis based method is shown in Figure 3.16. 

Similar to the first method, the raw data at one wavelength was first low-pass filtered to 

remove high frequency noise. The intensity of the DC signal could be easily calculated by 

averaging local points. To get a stable estimation of the AC signal at every time spot, a 

histogram was generated from 10 seconds of data, and the difference of the  percentile 

and the  percentile was used as the intensity of the local AC signal. This process was 

repeated with 1 second step size throughout the data stream, and then repeated on the raw 
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data of the other wavelength. Then the 𝑅𝑅 value and 𝑆𝑝𝑂2could be calculated. The result 

obtained with this method is shown in Figure 3.17. Although this method was based on 

statistical analysis, the stability of both the 𝑅𝑅 curve and the 𝑆𝑝𝑂2 curve with this method 

showed no improvement over that of the first method. But the general trends of both 

methods were similar. 

 

Figure 3.17. (a) The 𝑅𝑅 curve obtained with the statistical analysis based method. 

(b) The 𝑆𝑝𝑂2 curve calculated from (a) is shown. 

 

Figure 3.18. The flow chart of the frequency analysis based method to calculate 𝑅𝑅 

and 𝑆𝑝𝑂2. 

The flow chart of the frequency analysis based method is shown in Figure 3.18. 

Instead of finding the peaks and valleys of the raw data to estimate the intensity of the 

AC component, the third method calculated the intensity of the AC component directly 

through Fourier Transform of the raw data after removing DC component. The actual AC 
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component was chosen as the maximum intensity in the Fourier spectrum. The result 

obtained with this method is shown in Figure 3.19. This method generated the smoothest 

𝑅𝑅 and 𝑆𝑝𝑂2 curves compared with the other two, and the general trends of these three 

methods were similar. But the variation range of 𝑆𝑝𝑂2 recovered was around 15% and 

still far from the constant value as expected. 

 

Figure 3.19. (a) The 𝑅𝑅 curve obtained with the frequency analysis based method. 

(b) The 𝑆𝑝𝑂2 curve calculated from (a) is shown. 

 As can be seen above, three different methods were examined in this balloon 

experiment, aiming at get a stable reading of 𝑆𝑝𝑂2. The first method was directly based 

on finding peaks and valleys to calculate 𝑅𝑅 and 𝑆𝑝𝑂2. The second method chose peaks 

and valleys within a stable range from statistical analysis to calculate 𝑅𝑅 and 𝑆𝑝𝑂2. The 

third method estimated the intensities of DC and AC components through Fourier 

Transform in order to calculate 𝑅𝑅 and 𝑆𝑝𝑂2. The curves of 𝑅𝑅 and 𝑆𝑝𝑂2 generated from 

these three methods agreed with each other on the general shape and trend, while the 

third method gave the most stable and smoothest result. The small variation of 𝑅𝑅 

between 0.93 and 1.03 could lead to a nearly constant curve of 𝑆𝑝𝑂2  if the PO 

wavelengths were used. But for the two wavelengths of the NIR system, the 
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corresponding range of 𝑆𝑝𝑂2  was between 52% and 67%. These large ranges are 

unacceptable for the balloon experiment where constant reading of 𝑆𝑝𝑂2 were expected. 

The oxygen saturation status of the blood solution inside the balloon might vary during 

the experiment, but shouldn’t be large since the balloon was sealed and remained static 

during the experiment. The small separation of the two wavelengths used on the NIR 

system should contribute the most to the unexpected large range of 𝑆𝑝𝑂2. As seen on 

Figure 3.9, for the same 𝑆𝑝𝑂2  change, the corresponding change in 𝑅𝑅  with the PO 

wavelengths was about six times that with the wavelengths of the NIR system. And the 

existence of scattering in thick tissue further amplifies the difference to about 14 times. 

Thus the SNR of the NIR system is only about one fourteenth of that of the PO, which 

may push the NIR system out of the usable range with the “Ratio of the Ratios” method. 

As stated in Chapter 2, increasing the length of the spectrometer and the number of CCDs 

could sit wider separated LD wavelengths onto the NIR system, but the system would be 

much more complicated and expensive. So this “Ratio of the Ratios” method was not 

adopted in this study. 

3.5 Summary 

The agarose phantom experiments with varying total hemoglobin and oxygen 

saturation have shown that, with known water content and scattering properties, it is 

feasible to use this two-wavelength NIR system to measure total hemoglobin and oxygen 

saturation at high speed in vivo. The region-based reconstruction method, which is based 

on the diffusion theory, demonstrated its capacity in linear response and noise 



- 86 - 
 

suppressing. And it will continue to be used to extract useful functional information from 

the breast tissue NIR measurements in the studies shown in the next chapter. 

The stability of LDs doesn’t appear as a problem for this system, since mode 

hopping didn’t happen frequently during the 20-minute stability test, and abnormal signal 

intensities caused by mode hopping could be easily distinguished through customized 

MATLAB routines.  

Pulse oximetry was experimented with the high-speed NIR system on a balloon 

phantom filled with a solution of dilute intralipid and whole blood to mimic the optical 

properties of soft tissue. Three different methods, all based on the working principle of 

pulse oximetry, were examined to calculate the value of 𝑆𝑝𝑂2 from the two wavelength 

data, but none of these methods were capable of generating a stable reading of 𝑆𝑝𝑂2 as 

expected. It was concluded that the small wavelength separation of the NIR system, 

combined with the high scattering in thick tissue contributes to the greatly decreased 

SNR of the NIR system, as compared to that of the commercial pulse oximetry set up. 

Therefore the pulse oximetry algorithm to estimate 𝑆𝑝𝑂2 was determined to be not as 

useful for this NIR system.  

  



- 87 - 
 

Chapter 4. Human Subject Imaging Experiments 

In previous chapters, the high-speed NIR tomography system has demonstrated its 

capacity to image through tissue-like media of seven centimeters thick at 20 Hz. With 

two wavelengths, and prior knowledge of the scattering properties and the dimension of 

the anomaly, the system can recover hemoglobin content and oxygen saturation, as shown 

in a series of phantom experiments. In this chapter, a description of the system integration 

into a clinical MR is given, to monitor the variation of absorption properties in breast 

tissue at two wavelengths caused by breast hemodynamics of healthy human subjects, 

where the MR system was used to provide structural adipose and fibroglandular tissue for 

reconstruction. Possible error sources with the multimodal setup and their impact on 

absorption recovery were examined through simulation. Then two healthy human 

subjects were imaged with this multimodal imaging system and the results were shown. 

4.1 Experimental Setup 

The concept of developing a hybrid system is powerful, in that it provides the 

maximal information content about the hemodynamics. The system requires careful 

integration of the NIR fibers into the breast MR imaging procedure. To avoid the co-

registration error caused by patient motion in switching imaging modalities, it is best to 

collect MR images simultaneously with the NIR data in one patient scan. To realize this, 

both the source fibers and the detection fibers of the NIR system were extended into the 

MR scan room through tubes in the wall which were originally designed as brass 

waveguide feed-through for air vent. The fibers were fixed onto the breast interface 

through plastic set screws, which was in turn fixed inside a customized breast MR coil, as 
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shown in Figure 4.1. Co-registration of the two imaging modalities was realized by MR 

fiducials on the breast interface. The distance between adjacent sources on the breast 

interface was 0.4 inch, so the length of the source array was 2.4 inch for seven sources. 

The arrangement for detectors was the same, and on the other size of the breast interface. 

The human subject to be imaged would then lay prone on the breast coil on the MR bed, 

with the right breast gently compressed into a slab shape by the breast interface. A nurse 

would check the breast under pressure to make sure its width fully covered the array of 

sources and detectors on the breast interface, while the compression resulted in no pain to 

the human subject. 

 

Figure 4.1. (a) A customized MR breast coil is shown. (b) The side view of the MR 

breast coil in which the breast interface was fixed with a phantom in between and 

fibers attached to both sides. The msall yellow packets stuck onto the breast 

interface were MR fiducial markers. 

In addition to the integration of the NIR tomography system and the MR scanner, a 

MR-compatible vital sign monitor (Veris Vital Signs Monitor, MEDRAD, Inc.) was also 

used in the MR scan room for the human studies. The probe of the monitor was attached 

to a finger of the human subject to provide continuous finger pulse oximetry reading of 
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the human subject during the imaging session. Besides the digital output of 𝑆𝑝𝑂2 and 

heartbeat rate (HBR) reading at 1 Hz, the vital sign monitor could also output a 

continuous analog signal proportional to the intensity of the detected optical signal 

through the finger, which provided an convenient way to synchronize the measurement of 

the vital sign monitor with the NIR system.  

The data acquisition of the NIR system was controlled by a customized LABVIEW 

program as shown in Figure 3.4 in Chapter 3, and another LABVIEW subroutine (Figure 

4.2 as shown below) was added into that program to sample the analog signal of the pulse 

oximetry measurement at the same rate as the NIR imaging system, using a data 

acquisition board preinstalled in the console computer. The pulse oximetry reading was 

used as a frequency lock reference, which would be explained in detail later in this 

chapter. The whole experimental setup was shown in Figure 4.3, and the signal and data 

flow was shown in Figure 4.4. Two healthy volunteers have been examined by this multi-

modal imaging system, and the results were discussed in the following sections. 
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Figure 4.2. (a) The LABVIEW section to read the analog output of the vital sign 

monitor at the same speed as the NIR system is shown. (b) The LABVIEW section 

to read the 1 Hz digital output of the vital sign monitor is shown. 

 

Figure 4.3. The experimental setup for breast imaging inside the MRI, showing the 

laser diodes and spectrometers (left) with fiber coupling into the MRI system 

(center).  Data collection was synchronized with finger pulse oximetry (right) to 

monitor pulsatile flow data in a frequency locked manner. 
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Figure 4.4. The flowchart of signal and data of the multi-modal experiment is 

shown. The spectrometers were connected with the computer through USB ports. 

The analog output of the pulse oximeter was connected to an I/O port of the DAQ 

board on the computer, and the digital output of the pulse oximeter was connected 

to the computer through 9-pin serial cable with RS-232 communication protocol. 

4.2 Analysis of possible errors 

Because the two-wavelength NIR tomography system was designed to reveal the 

small variations in 𝜇𝑎  caused by breast hemodynamics, the response delay between 

different tissue types, e.g. the fibroglandular tissue and the adipose tissue, was of great 

interest in the clinical experiments. But the datasets obtained from clinical measurement 

are quite different from those from a well-controlled phantom experiment, where a lot of 

errors may come into play and distort the reconstruction result. This section would 

examine those possible errors related to the multi-modal imaging experiments, and 

estimated their influence on the reconstructed results through a series of pure simulations.  

The errors examined in this simulation series included normally distributed 

coupling error, offset in the estimated size and position of the fibroglandular region, and 
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inhomogeneity of the heterogeneous medium. Additionally, since the NIR system needed 

prior knowledge about the scattering properties of the breast tissue, offsets in 𝜇𝑠′ 

estimation of both tissue types were examined as well. In the simulations, the 

fibroglandular region was modeled as an anomaly region inside a phantom, and the 

adipose region was modeled as the background region of the phantom. 

The dimension of the homogeneous phantom was 143 𝑚𝑚 ×  70 𝑚𝑚  in this 

simulation. Its optical properties were set to be 𝜇𝑎 (ℎ𝑒𝑚𝑒) = 0.006 𝑚𝑚−1 , and 

𝜇𝑠(ℎ𝑒𝑚𝑒)
′ = 1.0 𝑚𝑚−1. Seven sources with 0.4 inch distance in between were arranged 

on one side, and seven detectors with the same interval distance were on the other side. 

Since the homogeneous phantom was used solely for calibration, its true optical 

properties remained constant in the simulation. 

 

Figure 4.5. The geometry of the heterogeneous phantom used for simulation is 

shown. The 2D mesh contained 5249 nodes, and was discretizated into triangular 

elements. 

The heterogeneous phantom used for simulation was shown in Figure 4.5, with the 

same dimension and arrangement of sources and detectors as the homogeneous phantom. 

An anomaly with a radius of 10 mm was placed at the center of the phantom to mimic the 
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fibroglandular tissue region of the breast. The rest area of the phantom was used to 

represent the adipose tissue region. The time-averaged optical properties of the 

heterogeneous phantom were:  

𝜇𝑎(ℎ𝑒𝑠𝑒𝑠)(𝑎𝑛𝑒𝑚) = 0.008 𝑚𝑚−1, 𝜇𝑠(ℎ𝑒𝑠𝑒𝑠)
′ (𝑎𝑛𝑒𝑚) = 1.0 𝑚𝑚−1; 

 𝜇𝑎(ℎ𝑒𝑠𝑒𝑠)(𝐵𝐵𝐵) = 0.004 𝑚𝑚−1, 𝜇𝑠(ℎ𝑒𝑠𝑒𝑠)
′ (𝐵𝐵𝐵) = 0.6 𝑚𝑚−1 

where “anom” was the anomaly, and “BKG” was the rest area of the phantom. A 1 Hz 

periodic component with the intensity of 1% of the averaged local 𝜇𝑎  value was 

introduced into both regions of the heterogeneous phantom to mimic the pulsatile 

absorption properties in the breast tissue, where the phase of 𝜇𝑎(ℎ𝑒𝑠𝑒𝑠)(𝑎𝑛𝑒𝑚)  was 

450 P ahead of that of 𝜇𝑎(ℎ𝑒𝑠𝑒𝑠)(𝐵𝐵𝐵) . 450 P was only a simulation setting of phase 

difference with no specific indication. The sampling rate of 20 Hz was adopted to mimic 

the high-speed NIR system, so that totally 200 frames of datasets could be generated 

through forward calculation, which represented a time length of 10 seconds.  

The time span choice of 10 seconds came from the algorithm we developed to 

analyze the phase relation of two periodic signals, such as the variation of 𝜇𝑎  in two 

regions of the human breast caused by pulsatile blood flow at the heartbeat rate. 

Originally we planned to study the time delay of 𝜇𝑎 variation in different regions of the 

human breast. But later we found that the 𝜇𝑎 curves had a wide frequency spectrum and it 

was difficult to find obvious landmarks to calculate the time delay. Thus the phase delay 

at the frequency of interest in two 𝜇𝑎 curves became our next target, where usually the 

frequency with the largest intensity would be chosen. This phase delay in different tissue 

regions can provide information about the response delay of different locations or 
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different tissue types in the breast tissue, and may be potentially useful in the study of the 

dynamics of the breast tissue or the response of the breast to exogeneous stimulation. 

It was easy to calculate the phase difference of two curves of the same frequency, 

but first an effective signal processing algorithm was needed to pick out the frequency 

components of the same frequency from two 𝜇𝑎 curves. One algorithm was proposed in 

our previous report [82], which dissembled the whole 𝜇𝑎 curve into a series of frequency 

components with 0.02 Hz gaps in between each. Each frequency component had a very 

narrow frequency bandwidth and had the same length of the original 𝜇𝑎 curve. Then the 

phase relation of two 𝜇𝑎  curves in the same narrow frequency band could be easily 

analyzed. The limitation of this algorithm was that it was only robust to signals of very 

stable frequency. For the heartbeat rate of human which changes frequently, this 

algorithm cannot provide a viable method to track the correct temporal frequency of the 

heartbeat by itself. 

To overcome this limitation, an improved phase analysis algorithm was proposed 

here. The new algorithm was still based on frequency analysis. But instead of treating the 

𝜇𝑎 curve as a whole, it treated only a small time segment of the 𝜇𝑎 curve in which the 

heartbeat rate of the human subject was relatively stable. The frequency component with 

maximal intensity in this time segment was chosen as the main frequency component, 

and was used with the main frequency component of another 𝜇𝑎 curve in the same time 

segment to perform phase analysis. Since the 𝜇𝑎 curves of different regions are driven by 

the same heartbeat pulse, their main frequencies in the same time segment should be the 

same or very close. This algorithm was also more physiologically meaningful. The length 

of the time segment was chosen to be 10 seconds, because although shorter time segment 
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would provide better temporal resolution, it would also lower the frequency resolution of 

the Fourier transform itself. 

The 10 seconds datasets forward calculated directly from the heterogeneous 

phantom with pulsatile absorption coefficients were accurate without any noise. The goal 

of the simulation was to examine whether the 450 P phase difference introduced between 

two regions of the heterogeneous phantom could be successfully recovered with the 

existence of those errors mentioned above, and also to check how great the impact of 

these errors could be. Those errors were examined one by one to avoid ambiguity and 

complexity, as described below. 

4.2.1 Coupling error 

Although the procedure developed in section 2.2 can largely reduce the coupling 

error, it is practically impossible to ensure exact the same coupling on all source fibers in 

a phantom or breast measurement, and so do the detection fibers. The discrepancy in fiber 

coupling will distort the measurement data, and this distortion cannot be fixed by 

calibration. Besides, it was even harder to control the coupling error in clinical 

experiments than in well-controlled phantom experiments. Thus its impact has to be 

careful analyzed in order to justify any conclusion drawn from clinical results. 

The coupling error has been usually modeled as normally distributed noise in the 

NIR measurement [83, 84], which was adopted in this simulation. Normally distributed 

(ND) noise was added into the forward calculated data of both homogeneous and 

heterogeneous measurement. Then the heterogeneous datasets were calibrated with the 

homogeneous data and were reconstructed frame by frame using the region-based 

reconstruction method. The intensity of the ND noise increased from 1% to 15% of the 
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datasets, with 1% step size. The true and reconstructed 𝜇𝑎 curves of two regions with 5% 

ND noise were shown in Figure 4.6. 

 

Figure 4.6. The reconstructed 𝜇𝑎  curves with 5% normally distributed noise are 

shown along with the true values, where (a) is for the anomaly region, and (b) is for 

the background region. 

It can be seen in Figure 4.6 that the reconstructed 𝜇𝑎 curves well maintained the 

sinuous waveform despite small intensity variation. The reconstructed 𝜇𝑎 values in both 

regions were smaller than the corresponding true values in Figure 4.6, but this was not 

always the case and totally depended on the noise added. The error in the reconstructed 

𝜇𝑎was shown in Figure 4.7(a). The improved phase analysis algorithm was applied to the 

𝜇𝑎 curves, and the result was displayed in Figure 4.7(b). 
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Figure 4.7. (a) The error in reconstructed 𝜇𝑎caused by normally distributed noise in 

the data is shown. (b) The error in reconstructed phase relation between the two 

regions caused by normally distributed noise in the data is shown.  

  Since the noise added onto the data was randomly generated, the curves in Figure 

4.7 didn’t follow a monotonous trend. But generally the error in reconstructed 𝜇𝑎 

increased with stronger ND noise. The ND noise had slightly larger influence on 

𝜇𝑎(ℎ𝑒𝑠𝑒𝑠)(𝑎𝑛𝑒𝑚), which was probably due to the smaller area of the anomaly region. For 

ND noise below 7%, it had little impact on the phase relation of the two regions. Because 

it is easy to control coupling error below 7% with the NIR system in clinical experiments, 

the phase relation should be trustworthy with this level of noise. 

4.2.2 Position of the anomaly region 

The structural information of the breast tissue is essential to the NIR system, 

because the reconstruction method is region-based. Usually this information is obtained 

from a second imaging modality, where a mesh with the same dimension of the imaged 

tissue can be created and segmented into different regions based on the tissue structure. 
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Because of the possible error in the second imaging modality and during the co-

registration of the two imaging modalities, the position of the anomaly could be slightly 

off from its true position, which could directly affect the reconstruction result.  

To explore the impact of such error, the position of the anomaly in Figure 4.5 was 

shifted in the reconstruction mesh. The data for reconstruction was the forward calculated 

datasets with the correct anomaly position. The anomaly was firstly shifted several 

millimeters from left to right, and then up and down, and the reconstruction result of 𝜇𝑎 

and phase relation of the two regions were shown in Figure 4.8 and Figure 4.9 

respectively. 

 

Figure 4.8. (a) The error in the reconstructed 𝜇𝑎 caused by wrongly estimated 

horizontal position of the anomaly is shown. (b) The error in the reconstructed 

phase relation between the two regions caused by wrongly estimated horizontal 

position of the anomaly is shown. 

The error of the reconstructed 𝜇𝑎 value increased as the horizontal position offset 

of the anomaly increased, as shown in Figure 4.8(a). The larger error of 𝜇𝑎  in the 
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anomaly region was reasonable because its position was wrongly estimated in 

reconstruction, but this error was not big for horizontal offset below 2 mm. The wrongly 

estimated horizontal position of the anomaly had very little impact on the phase relation 

of the two regions, where the error in phase was less than 70 for most of the cases.  

 

Figure 4.9. (a) The error in the reconstructed 𝜇𝑎 caused by wrongly estimated 

vertical position of the anomaly is shown. (b) The error in the reconstructed phase 

relation between the two regions caused by wrongly estimated vertical position of 

the anomaly is shown. 

The impact of the wrongly estimated vertical position of the anomaly was similar to 

that caused by the horizontal position offset, but smaller. The error in 𝜇𝑎  values was 

below 2%, and the error in phase relation was below 50 for most cases. 

With the sub-millimeter resolution of the second imaging modality such as MRI or 

X-ray, it is almost impossible to have a horizontal or vertical position offset of 5 mm as 

shown here. Therefore it might be expected that the error caused by the position shift 

should be very small in clinical experiments. 
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4.2.3 Size of the anomaly region 

When the image domain is segmented according to the tissue types, it is more 

possible to have error in the estimated size of the anomaly than in the estimated position 

of the anomaly. This is because it is hard to accurately define the boundary of each tissue 

type on a gray-scaled image. So the anomaly region after segmentation may be either 

larger or smaller than the true size, and this error will affect the reconstruction result as 

well. 

To explore the impact of this error, the radius of the anomaly in Figure 4.5 was 

changed between 5 mm and 15 mm, while its true radius was 10 mm. Region-based 

reconstruction was carried out on error-free forward calculated datasets and wrongly 

sized anomaly region. The error in the reconstructed 𝜇𝑎 and the phase difference were 

shown in Figure 4.10. 

 

Figure 4.10. (a) The error in the reconstructed 𝜇𝑎caused by wrongly estimated 

anomaly size is shown. (b) The error in the reconstructed phase relation between 

the two regions caused by wrongly estimated anomaly size is shown. The true 

radius of the anomaly was 10 mm. 
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As shown in Figure 4.10(a), the anomaly size in reconstruction only affected the 𝜇𝑎 

value of the anomaly, while the 𝜇𝑎  of the background remained almost constant. The 

impact on the 𝜇𝑎 value of the anomaly was much smaller when the anomaly size was 

overestimated, indicating it is a safer option for imaging segmentation. The impact of 

wrongly estimated anomaly size on phase analysis was shown in Figure 4.10(b), where a 

clear linear relation was found. So even in the case where phase analysis is the target, the 

size of the anomaly shouldn’t be overestimated too much. 

4.2.4 𝝁𝒔′ of the homogeneous phantom 

A homogeneous measurement is required to calibrate the heterogeneous data. And 

for the two-wavelength NIR tomography system, 𝜇𝑠(ℎ𝑒𝑚𝑒)
′  has to be pre-assigned because 

the NIR system works in continuous wave mode. Therefore it is worthwhile to explore 

the impact of wrongly pre-assigned 𝜇𝑠(ℎ𝑒𝑚𝑒)
′  to the 𝜇𝑎  reconstruction and the phase 

analysis of the heterogeneous phantom. In this simulation, 𝜇𝑠(ℎ𝑒𝑚𝑒)
′  had a 50% error 

range of between 0.5 mm-1 and 1.5 mm-1, where 1.0 mm-1 was the true value. In each 

case, the homogeneous data was forward calculated with the pre-assigned  𝜇𝑠(ℎ𝑒𝑚𝑒)
′ , and 

then the data was used to calibrate the heterogeneous datasets for region-based 

reconstruction. The error in the reconstructed 𝜇𝑎 values and the phase difference were 

shown in Figure 4.11. 
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Figure 4.11. (a) The error in the reconstructed 𝜇𝑎caused by wrongly estimated 

homogeneous 𝜇𝐬′  is shown. (b) The error in the reconstructed phase relation 

between the two regions caused by wrongly estimated homogeneous 𝜇s′  is shown. 

The true value of the homogeneous 𝜇s′  was 1.0 mm-1.  

As shown in Figure 4.11(a) and (b), the error in pre-assigned 𝜇𝑠(ℎ𝑒𝑚𝑒)
′  alone had 

little effect on the reconstructed 𝜇𝑎 value and the phase relation. The small variation of 

the numbers looked more likely due to the numerical calculation instead of error. 

4.2.5 𝝁𝒔′ of the heterogeneous medium 

Unlike the homogeneous phantom whose optical properties can be well 

characterized with a second imaging modality such as a multi-wavelength NIR 

tomography system [58] before a clinical experiment, the optical properties of the 

heterogeneous breast tissue of a human subject are usually unknown, and pre-assigned 

homogeneous 𝜇s′  values for all the tissue types have to be made for calibration and 

region-based reconstruction. In this process, three kinds of errors can be generated from 
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the different optical properties between the heterogeneous breast tissue and the 

reconstruction mesh consisting of homogeneous regions, and these errors were examined 

one by one in this section.  

The first error is the heterogeneity of 𝜇𝑎 and 𝜇s′  of the breast tissue. The region-

based reconstruction method doesn’t consider heterogeneity and assumes homogeneous 

𝜇𝑎 and 𝜇s′  values within each tissue region. The homogeneous values of each region can 

be treated as the average value of all nodes inside this region. But the distribution of 𝜇𝑎 

and 𝜇s′   in the breast tissue is heterogeneous in nature. Therefore the best bet is that the 

average value of 𝜇s′  in each region is accurately pre-assigned, and then the region-based 

reconstruction method can accurately recover the average value of 𝜇𝑎 in each region. To 

examine this hypothesis, both 𝜇𝑎 and 𝜇s′  of the heterogeneous phantom in Figure 4.5 were 

set to be normally distributed around the preset values, and then forward calculation was 

executed to generate datasets of heterogeneous measurement. After assigning accurate 

average 𝜇s′   values to the regions of the reconstruction mesh, the forward datasets were 

put into reconstruction to see whether the reconstructed 𝜇𝑎 met with the preset average 

value of 𝜇𝑎. A wide range of normal distribution intensities, from 0% to 20% of the preset 

average value of 𝜇𝑎 and 𝜇s′ , were examined and the results were shown in Figure 4.12.  
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Figure 4.12. (a) The error in the reconstructed 𝜇𝑎 caused by the heterogeneity of 𝜇𝑎  

and 𝜇𝑠′  in the heterogeneous phantom is shown. (b) The error in the reconstructed 

phase relation between the two regions caused by the heterogeneity of 𝜇𝑎 and 𝜇𝑠′  in 

the heterogeneous phantom is shown.  

As shown in Figure 4.12(a), the heterogeneity of 𝜇𝑎 and 𝜇𝑠′  of the heterogeneous 

phantom didn’t bring in big error in 𝜇𝑎  recovery with region-based reconstruction 

method. Even in the worst situation with 30% normally distributed noise in 𝜇𝑎 and 𝜇𝑠′ , 

the error in the reconstructed 𝜇𝑎 was less than 10%. The impact of heterogeneity on the 

phase relation was even smaller. The error of the phase relation was below 40 in all cases, 

meaning the impact of heterogeneous optical properties was negligible. 

The second error source is wrongly estimated average value of 𝜇𝑠′  of the 

fibroglandular tissue in the breast. Although reference values about 𝜇s′  can be obtained 

through previous accumulated human subject scans [61], they can only provide a range of 

𝜇s′ , and each human is different. So offset in 𝜇s′  assumption does exist, and its impact on 

𝜇𝑎 reconstruction should be examined.  
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To simulate this situation, the value of 𝜇𝑠(ℎ𝑒𝑠𝑒𝑠)
′ (𝑎𝑛𝑒𝑚) in the reconstruction mesh 

was varied between 0.7 mm-1 and 1.3 mm-1, where 1.0 mm-1 was the true value. So the 

maximum error introduced was 30%. The data for reconstruction in every case was the 

forward calculated dataset with accurate value of 𝜇𝑠(ℎ𝑒𝑠𝑒𝑠)
′ (𝑎𝑛𝑒𝑚) , because 𝜇𝑠′  

assumption only affected the reconstruction. The error in the reconstructed 𝜇𝑎 values and 

the phase difference were shown in Figure 4.13. 

 

Figure 4.13. (a) The error in the reconstructed 𝜇𝑎caused by wrongly assumed 𝜇𝑠′  in 

the anomaly region is shown. (b) The error in reconstructed phase relation between 

the two regions caused by wrongly assumed 𝜇𝑠′  in the anomaly region is shown. 

The true 𝜇𝑠′  in the anomaly region was 1.0 mm-1. 

As shown in Figure 4.13(a), the wrongly assumed 𝜇𝑠(ℎ𝑒𝑠𝑒𝑠)
′ (𝑎𝑛𝑒𝑚) had a large 

influence on 𝜇𝑎(ℎ𝑒𝑠𝑒𝑠)(𝑎𝑛𝑒𝑚), while its impact on 𝜇𝑎(ℎ𝑒𝑠𝑒𝑠)(𝐵𝐵𝐵) was much smaller. 

Similar to the conclusion about anomaly size in section 4.2.3, overestimating 

𝜇𝑠(ℎ𝑒𝑠𝑒𝑠)
′ (𝑎𝑛𝑒𝑚) led to smaller error than underestimating it. The impact on the phase 

analysis was shown in Figure 4.13(b), where a good linear relation was found. Generally 
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the error in the phase difference was smaller than 100 even when 30% error was 

introduced into the pre-assigned 𝜇𝑠(ℎ𝑒𝑠𝑒𝑠)
′ (𝑎𝑛𝑒𝑚). 

The third error source is wrongly estimated average value of 𝜇s′  of the adipose 

tissue in the breast. The reason is similar to that of the fibroglandular tissue stated above. 

To examine its impact on 𝜇𝑎  reconstruction, error within 30% was introduced into 

𝜇𝑠(ℎ𝑒𝑠𝑒𝑠)
′ (𝐵𝐵𝐵)  in the reconstruction mesh. The value of 𝜇𝑠(ℎ𝑒𝑠𝑒𝑠)

′ (𝐵𝐵𝐵) varied between 

0.42 mm-1 and 0.78 mm-1, where 0.6 mm-1 was the true value. The data for reconstruction 

in every setting was the forward calculated datasets with accurate 𝜇𝑠(ℎ𝑒𝑠𝑒𝑠)
′ (𝐵𝐵𝐵). The 

error in the reconstructed 𝜇𝑎 values and the phase difference were shown in Figure 4.14. 

 

Figure 4.14. (a) The error in the reconstructed 𝜇𝑎caused by wrongly assumed 𝜇s′  in 

the background region is shown. (b) The error in the reconstructed phase relation 

between the two regions caused by wrongly assumed 𝜇s′  in the background region 

is shown.  The true 𝜇s′  of the background region was 0.6 mm-1. 

As shown in Figure 4.14(a), the wrongly assumed 𝜇𝑠(ℎ𝑒𝑠𝑒𝑠)
′ (𝐵𝐵𝐵) had a direct 

influence on 𝜇𝑎(ℎ𝑒𝑠𝑒𝑠)(𝐵𝐵𝐵) , because they were closely related by the effective 



- 107 - 
 

attenuation coefficient. Its impact on 𝜇𝑎(ℎ𝑒𝑠𝑒𝑠)(𝑎𝑛𝑒𝑚) was much smaller. Overestimating 

𝜇𝑠(ℎ𝑒𝑠𝑒𝑠)
′ (𝐵𝐵𝐵) created smaller error than underestimating it, but the effect was not as 

strong as in the anomaly case. The impact of 𝜇𝑠(ℎ𝑒𝑠𝑒𝑠)
′ (𝐵𝐵𝐵) on phase analysis was 

shown in Figure 4.14(b), where a monotonous decreasing curve was displayed. Generally 

the error of phase difference was within 60 even when 30% error was introduced into 

𝜇𝑠(ℎ𝑒𝑠𝑒𝑠)
′ (𝐵𝐵𝐵). 

4.2.6 Conclusion for error analysis 

Various possible errors which may exist in clinical experiments with the multi-

modal imaging system have been examined through a series of phantom simulations in 

sections 4.2.1 to 4.2.5. Reducing coupling error and accurate positioning of the anomaly 

region are beneficial for both 𝜇𝑎 recovery and phase analysis. Overestimating the size of 

the anomaly region a little is a safe option to improve its 𝜇𝑎  recovery. Errors in pre-

assigned 𝜇𝑠′ values of the heterogeneous phantom directly affect the reconstruction value 

of 𝜇𝑎 , but have minor impact on phase analysis. Error of 𝜇𝑠′  assumption of the 

homogeneous phantom has little impact on 𝜇𝑎  recovery and phase analysis. The 

combining effect of all kinds of errors was not examined here, because the possible 

interaction between errors was too complicated to model. The meshes used in the 

simulation were slab-shaped phantom with a circular anomaly, which also differ from the 

structure of human breast. But these will not change the general trend and the conclusion. 

It was also found that the reconstructed 𝜇𝑎 values of the heterogeneous phantom 

were much more sensitive to the errors than the phase relation of 𝜇𝑎 between different 

regions. The error in phase difference was below 100 in most simulation settings, not to 
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mention those error settings were definitely exaggerated comparing with a careful 

designed clinical experiments. Therefore the phase analysis with the NIR system should 

be robust, and they can be used in clinical experiments to reveal the response delay 

between different tissue types.  

4.3 Imaging experiment of the first human subject 

After the first human subject had laid prone on the breast coil on the MR bed, her 

right breast was compressed into a slab shape of 54 mm thick by the breast interface. The 

scout scans, T1-weighted and T2-weighted scans in the coronal view took the MR system 

15 minutes in total to complete. The NIR system was synchronized with the vital sign 

monitor (would be called PO from now on because only its pulse oximetry function was 

used), and both devices took measurement at 10 Hz for 275 seconds in this exam.  

A coronal T1 MR image of the breast was shown in Figure 4.15(a). The dark region 

inside the tissue was mostly fibro-glandular tissue with higher hemoglobin content, while 

the gray regions were mostly adipose or fatty tissues which generally have lower 

hemoglobin content [85]. Based on the MR image, a 2-dimensional mesh with 8000 

nodes was created and segmented into two regions as shown in Figure 4.15(b) to perform 

region-based reconstruction. 



- 109 - 
 

 

Figure 4.15. (a) A breast MR image (coronal view) of the first healthy human 

subject is shown. (b) A finite element mesh generated from (a) was segmented into 

the fibroglandular region (white) and the adipose region (black) for region-based 

reconstruction. 

A 20-second data stream of the PO analog output was shown in Figure 4.16(a). The 

Fourier transform of the whole signal sequence was shown in Figure 4.16(b), which 

showed that the heartbeat rate of the human subject was between 1.1 and 1.4 Hz during 

the imaging experiment. In order to verify that the NIR system can detect the small 

fluctuation of the optical signal caused by the heartbeat related pulsatile blood flow of the 

human subject, three typical source-detector pairs as shown in Figure 4.15(b) were 

chosen, and their raw data at 785 wavelength band and Fourier transformed spectra were 

shown in Figure 4.16(c) to (h). In addition to the very low frequency components, there 

was a strong peak at around 0.25 Hz in every signal, which was attributed to the 

breathing of the subject. There was also smaller peak in the frequency spectrum of every 

signal which shared the same 1.1 to 1.4 Hz frequency band as the PO analog output. This 

was a solid proof that the fluctuation of the optical signals at 785 nm wavelength band 
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caused by blood flow in the breast tissue could be detected by this NIR system. Identical 

data analysis was performed on the 830 nm wavelength band, and from which the same 

conclusion was drawn, as shown in Figure 4.17.  

 

Figure 4.16. (a) A 20-second data stream of the PO analog output in volt. (b) The 

FFT of the PO output. 20-second data stream of the detected signals from the 785 

nm wavelength band of the NIR system for source 1 to detector 1, source 4 to 
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detector 4, source 7 to detector 7 are plotted in (c), (e) and (g) respectively. Their 

FFT spectra are shown in (d), (f) and (h) respectively. 

 

Figure 4.17. 20-second data stream of the detected signals from the 830 nm 

wavelength band of the NIR system for source 1 to detector 1, source 4 to detector 

4, source 7 to detector 7 are plotted in (a), (c) and (e). Their FFT spectra are shown 

in (b), (d) and (f) respectively. 

Because the hemodynamics in the breast is more closely related to the heartbeat, 

the frequency components related to breathing were filtered out from the raw data first. 

Then the data were compensated with the intensity profile of sources and the efficiencies 

of detectors, and calibrated per wavelength band with the measurement on a slab-shaped 

homogeneous agarose phantom to remove coupling offset. Now the data was ready for 
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reconstruction. But since the laser sources of the NIR system work in continuous wave 

mode, the system has no ability to separate absorption coefficient 𝜇𝑎  from scattering 

coefficient 𝜇𝑠′ in the images. However extensive earlier work with a frequency domain 

system has led to reasonable estimation for the 𝜇𝑠′ values for adipose and fibroglandular 

tissues, which appear to be stable to within 15% between subjects [7]. These values are 

𝜇𝑠′(𝑎𝑑𝑖𝑎) = 0.60 𝑚𝑚−1  in the adipose region and 𝜇𝑠′(𝑓𝑖𝐻𝑟𝑒)  =  1.00 𝑚𝑚−1  in the 

fibroglandular region at 785 nm, and 𝜇𝑠′(𝑎𝑑𝑖𝑎) = 0.55 𝑚𝑚−1 and 𝜇𝑠′(𝑓𝑖𝐻𝑟𝑒)  =

 0.95 𝑚𝑚−1 at 830 nm. 

Assuming the above values for scattering coefficients, 𝜇𝑎 of each wavelength band 

was reconstructed separately and frame by frame using the region-based reconstruction 

method on a desktop computer. As discussed before, this reconstruction algorithm offered 

a robust way of exploring the variation of absorption properties. In addition, assuming a 

uniform distribution of absorption coefficients in each region offers a convenient way to 

compare the phase relation of the different regions in the breast tissue. The reconstruction 

generated a time-line of homogeneous absorption property in each region at each 

wavelength. But only the variation of 𝜇𝑎  was shown here, since the accuracy of the 

absolute value of 𝜇𝑎 depended on a lot of factors as stated in section 4.2, especially the 

pre-assigned values of 𝜇𝑠′. 15 seconds of  𝜇𝑎 variation at two wavelengths were shown in 

Figure 4.18, where the ∆𝜇𝑎 curves showed a clear period for both tissue types at both 

wavelengths. The variation of 𝜇𝑎 was larger in the fibroglandular region than that in the 

adipose region, which agreed with common physiological knowledge and previous 

studies [61]. The variation of 𝜇𝑎 at the 830 nm band was slightly larger than that of the 

785 nm band in both tissue types, which agreed with the expectation that HbO makes up 
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the majority fraction of blood in the pulsatile signal, and has a higher absorption 

coefficient at 830 nm than at 785 nm. 

 

Figure 4.18. The recovered 𝜇𝑎  variations in the breast tissue of the first human 

subject are shown at 785 nm (a) and 830 nm (b), where the red curves are of the 

fibroglandular region, and the blue curves are of the adipose region. 

To verify the temporal resolution of ∆𝜇𝑎  recovered by the NIR system, the 

temporal frequencies of recovered ∆𝜇𝑎  of both tissue types at two wavelengths were 

computed and compared to the analog output of the PO. For each dataset, FFT was 

performed on every 10 seconds of the dataset, and the frequency component with the 

maximal amplitude was recorded as the main frequency of this segment. This process 

was repeated with the increment of 1 second step size. The curves of peak frequencies of 

the fibroglandular region at both wavelengths along the time were plotted in Figure 4.19, 

together with that of the analog output of the PO. The curves of the adipose region were 
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omitted just for clarity since they almost overlapped with the curves of the fibroglandular 

region, which also verified that those two tissue types were driven by the same pulse. The 

general shapes of the curves in Figure 4.19 were identical, which proved the NIR system 

could capture the temporal change of 𝜇𝑎 as the PO did. Despite the identical shapes, the 

curve of PO had about 4 seconds lag compared to the other two. This was probably due to 

the smoothing and data processing algorithms inside the PO.  

 

Figure 4.19. The peak frequency of the analog output of the PO along the time is 

shown, together with the peak frequencies of the reconstructed ∆𝜇𝑎  of the 

fibroglandular region at both wavelength bands. 

In addition to the temporal frequency, the phase relation between different tissue 

types could also be analyzed using the reconstructed ∆𝜇𝑎 curves of high time resolution. 

The algorithm for phase relation analysis has been explained in detail in section 4.2. 

Basically, the strongest frequency components of two ∆𝜇𝑎 curves at the same time span 

were found and their phase relation was calculated. The time span was chosen to be 10 

seconds which was a tradeoff between time resolution and frequency resolution, and the 

process was repeated with 1 second step size. This algorithm was applied on the ∆𝜇𝑎 
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curves of two tissue types and two wavelengths. They all used the analog output of the 

PO as the reference, because the latter had been pre-processed inside the PO and the 

noise was mostly removed. The phase analysis results were shown in Figure 4.20 below. 

 

Figure 4.20. The phase relation of ∆𝜇𝑎 of two breast tissue types of the first human 

subject at two wavelength bands is shown, with the PO analog output as the 

reference. All phases were unwrapped and shifted to be between 00  and 3600 , 

showing the extent the corresponding signal ahead of the PO analog output. 

The positive phase values in Figure 4.20 indicated that the variation of the 

corresponding ∆𝜇𝑎 was ahead of the PO analog output. But it has to be noted that this 

phase relation is based on comparing signal components of the same frequency, so A 

ahead of B by 𝜃0 can also be translated as B ahead of A by (360 − 𝜃)0. Therefore the 

actual sequence of those signals could not be obtained, and thus instead we focused more 

on the relative phase relations of  ∆𝜇𝑎 curves in this phase plot. ∆𝜇𝑎 curves in the same 
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tissue region at both wavelength bands should be exactly in phase, because the pulsatile 

blood flow was the same to every wavelength in the same region. As shown in Figure 

4.20, the ∆𝜇𝑎 curves in the fibroglandular region at both wavelength bands were almost 

in phase, and so did the ∆𝜇𝑎 curves in the adipose region. The small discrepancy of ∆𝜇𝑎 

curves of the same region at two wavelengths was caused by the noise in the experiment. 

There was a reasonably stable phase difference of about 600 between the ∆𝜇𝑎 curves of 

the two regions, so the conclusion was that the ∆𝜇𝑎 curves in the fibroglandular region 

were ahead of those in the adipose region by one sixth period of heartbeat, or in another 

word, the ∆𝜇𝑎 curves in the fibroglandular region were behind of those in the adipose 

region by five sixth period of heartbeat. Since the main frequency of the curves was 

around 1.3 Hz, this phase difference could also be translated as: the response of the 

fibroglandular region was 0.13 second ahead of that of the adipose region, or equally the 

absorption response of the fibroglandular region was 0.65 second behind that of the 

adipose region, depending on which direction to choose. The physiological indication of 

this result is that the vascular responses to the heartbeat of the fibroglandular tissue and 

the adipose tissue are not exactly simultaneous, and there is a blood diffusion delay 

between the two tissue types. 

4.4 Imaging experiment of the second human subject 

The setup of the second human subject imaging experiment was similar to that of 

the first one described before. After the subject had laid prone on the breast coil on the 

MR bed, her right breast was compressed into a slab shape of 52 mm thick by the breast 

interface. The scout scans, T1-weighted and T2-weighted scans in the coronal view took 
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the MR system 15 minutes in total to complete. The NIR system was synchronized with 

the PO, and both devices took measurement at 20 Hz for 134 seconds in this exam. 

A coronal view T1 MR image of the breast was shown in Figure 4.21(a). The dark 

region inside the tissue was mostly fibroglandular tissue, and the gray regions were 

mostly adipose tissues. Based on the MR image, a 2-dimensional mesh with 3963 nodes 

was created and segmented into two regions as shown in Figure 4.21(b) to perform 

region-based reconstruction.  

 

Figure 4.21. (a) A breast MR image (coronal view) of the second healthy human 

subject is shown. (b) A finite element mesh generated from (a) was segmented into 

the fibroglandular region (white) and the adipose region (black) for region-based 

reconstruction. 

A 15-second data stream of the PO analog output was shown in Figure 4.22(a). The 

Fourier transform of the whole signal sequence was shown in Figure 4.22(b), which 

showed that the heartbeat rate of the human subject was around 1.2 Hz in the imaging 

experiment. The optical signals from source 4 to detector 4 at two wavelengths, and their 
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spectra after Fourier transform, were also displayed in Figure 4.22(c) to (f). The strong 

peaks around 0.2 Hz at both wavelengths were attributed to the breathing of the human 

subject. Similar to the PO analog output, there were smaller peaks around 1.2 Hz in the 

frequency spectrum of every signal as well, which proved that the fluctuation of the 

optical signals at both wavelength bands caused by blood flow in the breast tissue can be 

detected by this NIR system. 

 

Figure 4.22. (a) A 15-second data stream of the PO analog output in volt. (b) The 

FFT of the PO output in (a). (c) 15-second data stream of the detected signal from 

source 4 to detector 4 at the 785 nm wavelength band. (d) The FFT of the signal in 

(c). (e) 15-second data stream of the detected signal from source 4 to detector 4 at 

the 830 nm wavelength band. (f) The FFT of the signal in (e). 
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The data preprocess, calibration, and pre-assigned scattering properties of two 

tissue types at two wavelengths were the same as those of the first human subject 

experiment in section 4.3. 𝜇𝑎 of each wavelength band was reconstructed separately and 

frame by frame using the region-based reconstruction method on a desktop computer.  

15-second data streams of the reconstructed 𝜇𝑎  variation in both regions at two 

wavelength bands were shown in Figure 4.23, where all four ∆𝜇𝑎 curves showed a clear 

periodical trend. Similar to the results in the first human subject experiment, the variation 

of 𝜇𝑎  was larger in the fibroglandular region than that in the adipose region, and the 

variation of 𝜇𝑎 at the 830 nm band was slightly larger than that of the 785 nm band in 

both tissue types. Additionally, the variation of 𝜇𝑎 in Figure 4.23 was smaller than that of 

Figure 4.18, which was coincident with the observation that the fluctuation of the optical 

signals in the first human subject experiment (Figure 4.16 and Figure 4.17) was larger 

than those in this experiment (Figure 4.22). 
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Figure 4.23. The recovered 𝜇𝑎 variation in the breast tissue of the second human 

subject are shown at 785 nm (a) and 830 nm (b), where the red curves are of the 

fibroglandular region, and the blue curves are of the adipose region. 

The temporal frequencies of recovered ∆𝜇𝑎 of both tissue types at two wavelengths 

were calculated and compared to the analog output of the PO, using the same method as 

in section 4.3. FFT was performed on every 10 seconds of the dataset with the increment 

of 1 second step size. The peak frequency curves of the adipose region at both 

wavelengths along the time were plotted in Figure 4.24, together with that of the analog 

output of the PO. The curves of the fibroglandular region were omitted for clarity. The 

general shapes of the three curves in Figure 4.24 were identical, which again proved the 

NIR system could capture the temporal change of 𝜇𝑎 as the PO did. Despite the identical 

shapes, the curve of PO has about 5 seconds lag compared to the other two as noticed 

before in Figure 4.19 of section 4.3.  

 

Figure 4.24. The peak frequency of the analog output of the PO along the time is 

shown, together with the peak frequencies of the reconstructed ∆𝜇𝑎 of the adipose 

region at both wavelength bands. 
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In addition to the temporal frequency, the phase relation between ∆𝜇𝑎  curves of 

different tissue types and wavelengths was also analyzed using the identical procedure in 

section 4.3, where the analog output of the PO was used as the reference. 10 seconds was 

chosen as the length of the time segment, and the step size was 1 second. The results were 

shown in Figure 4.25. 

 

Figure 4.25. The phase relation of ∆𝜇𝑎  of two breast tissue types of the second 

human subject at two wavelength bands is shown, with the PO analog output as the 

reference. All phases were unwrapped and shifted to be between 00  and 3600 , 

showing the extent the corresponding signal ahead of the PO analog output. 

Similar to Figure 4.20, the phase curves in Figure 4.25 could be easily divided into 

two groups, one containing two curves of the fibroglandular region, and one containing 

two curves of the adipose region. Noise induced phase discrepancy could be seen in 

either group, but there was an apparent phase difference of about 1000 between the ∆𝜇𝑎 
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curves of the two regions, indicating physiologically that the vascular responses to the 

heartbeat of the fibroglandular tissue and the adipose tissue were not exactly 

simultaneous, as seen before in section 4.3. Since the main frequency of the ∆𝜇𝑎 curves 

was around 1.2 Hz, this phase difference could also be translated as: the absorption 

response of the fibroglandular region was 0.23 second ahead of that of the adipose region, 

or equally the absorption response of the fibroglandular region was 0.60 second behind 

that of the adipose region, depending on the chosen direction. It was noted that the value 

of the phase difference in this experiment was not the same as the one in the previous 

experiment, but this difference was physiologically possible, and different noise levels in 

these two experiments may contribute as well. 

4.5 Conclusion 

In this chapter, the two-wavelength NIR tomography system was successfully 

integrated into a clinical MR system to realize simultaneous multimodal imaging on 

human subjects. Most major noise sources emerging with this multimodal design were 

carefully examined through a series of simulations. It turned out that the recovered value 

of absorption properties were much more sensitive to the noise than the temporal phase 

relationship of absorption changes between different tissue regions. The heterogeneous 

nature of the breast optical properties, and the error in the pre-assigned scattering 

properties would directly affect the accuracy of the recovered absorption properties, 

while the errors were static and so would not influence the phase relationship 

significantly. If accurate estimation is difficult, slight overestimation of the anomaly size 

and scattering properties were a safer option to yield good reconstruction result. Good 

coupling between fibers and the medium was essential for accurate recovery as well. 
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Two healthy human subjects have been imaged within this multimodal system, with 

their finger pulse oximetry measured at the same pace as the NIR system. By comparing 

the Fourier spectrum of the raw data as well as the temporal frequency curves with the 

pulse oximetry measurement, the multimodal system has demonstrated its capacity to 

pick up and recover the small pulsatile absorption property change in the breast tissue 

caused by the heartbeat driven blood flow. With an improved phase analysis algorithm, it 

was discovered that the vascular responses to the heartbeat of the fibroglandular tissue 

and the adipose tissue were not exactly simultaneous. To our knowledge, this is the first 

temporal phase comparison of absorption or hemoglobin content between different types 

of breast tissue. Previous results from NIR brain imaging have repeatedly shown phase 

shifts between oxyhemoglobin and deoxyhemoglobin [86, 87], but were based on 

homogeneous estimation of the whole imaging domain.  

The value of NIR spectroscopy to breast tumor imaging has been demonstrated in 

several individual trials[49, 88-90], and is just about to enter multicenter trials to study 

the prognostic value for  neoadjuvant chemotherapy[91]. With the goal of clinical 

hemodynamic imaging of the breast by tracking absorption changes at high speed, this 

design potentially adds a different dimension of data of this type of imaging, providing 

temporal pulsatile feature information of specific regions. 
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Chapter 5. Conclusions 

5.1 Thesis summary 

This study demonstrates the technology and methodology to build a NIR 

tomography system with spectrally-encoded sources in two wavelength bands which is 

capable of quantifying the temporal oxyhemoglobin and deoxyhemoglobin contrast in 

breast tissue at a 20 Hz bandwidth. This work involved three distinct developing phases. 

First, a single-wavelength high-speed NIR tomography system was built, where 

eight LD sources with about 10 mW power output were spectrally encoded, and eight 

spectrometers were hardware synchronized and controlled by a customized LABVIEW 

program. This design didn’t require source switching or shutter operations, so high-speed 

and continuous data acquisition could be realized. Both static and dynamic imaging 

experiments were carried out on slab-shaped tissue-like phantoms, where the system 

demonstrated its capacity to image through phantoms of up to seven centimeters thick at 

a speed as high as 20 Hz. Results of three reconstruction methods were compared, where 

the region-based reconstruction method exceled for its superior linearity and accuracy. 

This discovery was consistent with the hypothesis that the introduction of spatial priors 

could reduce the tomographic imaging problem to a spectroscopic imaging problem, thus 

made the ill-posed inverse problem much less susceptible to noise. 

Then the NIR system was updated to include a second wavelength band at 830 nm 

without compromising on imaging speed. In a series of phantom experiments this new 

two-wavelength NIR system recovered total hemoglobin and temporal oxygen saturation 

with reasonable accuracy, which were more clinically preferable than solely the 
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absorbance distribution. Pulse oximetry was also experimented on a phantom with this 

two-wavelength system, but the proposed algorithms could not generate a stable reading 

of 𝑆𝑝𝑂2  as expected. It was concluded that the small separation between wavelength 

bands and high scatter in the medium contributed to this result, and thus the pulse 

oximetry algorithm was not applicable on this NIR system.  

Finally the two-wavelength NIR system was successfully integrated into a clinical 

MR system through a customized breast coil, and synchronized to the finger pulse 

oximeter plethysmogram to realize simultaneous multimodal imaging on human subjects. 

Prior to clinical experiments, most major noise sources emerging with this multimodal 

design were carefully examined through simulation. It turned out that the recovered value 

of absorption properties were much more sensitive to the noise than the temporal phase 

relationship of absorption changes between different tissue regions. Two healthy subjects 

have been examined with this multimodal system. By comparing the Fourier spectrum of 

the raw optical data as well as the temporal frequency of recovered 𝜇𝑎 with the pulse 

oximetry measurement, this multimodal system was proven to be able to pick up and 

recover the small pulsatile absorption property change in the breast tissue caused by the 

heartbeat driven blood flow. It was also discovered that the vascular responses to the 

heartbeat of the fibroglandular tissue and the adipose tissue were not exactly 

simultaneous in the breast. 

In summary, the performance of this two-wavelength system was verified 

numerically and experimentally. Admittedly, this NIR system requires prior information 

about 𝜇𝑠′ , which is not available with the CW working mode of LDs. But with the tissue 

structural information from MR, and pre-assigned homogeneous 𝜇𝑠′ of each tissue region, 
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this system can recover the temporal absorbance, and the response delay of different 

tissue regions inside the breast can be analyzed as well. The high-speed feature of this 

system makes it well fit for applications such as monitoring the clearance of optical 

contrast agents, or where the response sequence of different tissue regions is of interest. 

5.2 Future directions 

The incapacity to distinguish absorbance from scatter is the biggest obstacle that 

stops this system from accurately recovering hemoglobin content and oxygen saturation. 

We are working on incorporating a frequency-domain NIR tomography system with six 

discrete measurement wavelengths [52, 58] previously developed in our group which can 

provide reference 𝜇𝑠′  and chromophore information of the breast tissue. The fiber coupler 

of the high-speed NIR system will be modified to fit into the new breast interface (shown 

in Figure 5.1) which is designed to accommodate fibers from both the high-speed NIR 

system and the multi-wavelength NIR system, facilitating the measurement of all major 

tissue chromophores, scattering, and dynamic changes in HbO and Hb in a single 

imaging session. 

With this hybrid design, the high-speed NIR system can incorporate the prior 

information of reference 𝜇𝑠′  and chromophore from the multi-wavelength NIR system 

into the reconstruction, and accurately recover temporal hemoglobin content and oxygen 

saturation in addition to the phase relationship analysis. The high speed and accuracy of 

this hybrid design make it a perfect option to monitor dynamic contrast mechanisms in 

breast tissue.  
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Figure 5.1. (a) The designs of the new breast interface [58] are shown from the 

profile side view (a), top view (b) and front view (c). (d) shows the fabricated 

product with lift bag and elastic in place. The upper holes are for the fibers of the 

multi-wavelength NIR system, and the lower holes are for the high-speed NIR 

system. 

One example is to monitor the rapid vascular changes in breast tissue induced from 

exogenous incentives, such as gas inhalation changes [92, 93]. Jiang et al used a three-

wavelength FD NIR system to measure the dynamic vascular change in breast tissue at 30 

seconds time resolution by varying the concentration of O2 and CO2 in the inhaled gas, 

where a large change of 21% in Hb and 9% in SO2 has been recorded as shown in Figure 

5.2. And the hybrid design in this thesis may provide an alternative apparatus with better 

accuracy and time resolution. The extent of vascular changes could be used to evaluate 

the tumor hypoxia, and to provide prognostic information about the response of patients 

to neoadjuvant chemotherapy [1, 94, 95].  
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Figure 5.2. Dynamic changes of (a) Hb, (b)  of a subject under stimulation of 5 

min. of hypercarbia & hyperoxia followed by 5 min hyperoxia imaging [93].  

Another example is to monitor the absorption variation caused by 

pharmacodynamics of optical contrast agent in breast tissue. The tumor site in breast 

tissue has leaky capillaries of tumor vessels, and thus the pharmacokinetic rates should be 

higher around the tumor region [96]. This feature can be used to help the detection of 

breast tumor. Till now, indocyanine green (ICG) is the only NIR organic dye approved by 

the Food and Drug Administration for use in the human body. And there have been 

several studies about its diffusion inside human breast [62, 96, 97], but none of them have 

reached sub-second speed. Figure 5.3(a) showed the schematic breast interface of a 

single-wavelength CW system developed at University of Pennsylvania which consisted 

of 16 sources and 16 detectors and could run at 8.8 seconds a frame. Figure 5.3(b) 

showed the absorption increase in breast tissue after ICG was injected intravenously by 

bolus with a concentration of 0.25 mg kg−1 of body weight.  
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Figure 5.3. (a) Schematic diagram of the breast interface of a CW NIR system 

developed at UPenn [62]. (b) Time course of ICG concentration curves for a 

specific voxel in three patients [96].  

The linearity response to the concentration of ICG has also been verified on the 

high-speed two-wavelength NIR system. A batch of solutions mixed with different ICG 

concentrations and 0.75% intralipid were added into the anomaly inside an agarose 

phantom in sequence similar to the experiment in section 3.2, and NIR measurements 

were taken. The 𝜇𝑎 values of the anomaly at two wavelengths were reconstructed and 

displayed in Figure 5.4, where a superior linearity relationship between 𝜇𝑎  and ICG 

concentration can be seen. So the temporal concentration of ICG in the breast could be 

recovered if the high-speed two-wavelength NIR system is applied in human experiments 

with ICG administration. 
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Figure 5.4. The relationship of 𝜇𝑎  of ICG and 0.75% intralipid mixture at two 

wavelengths with regard to the concentration of ICG is shown. 
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