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Abstract    

Multimodality imaging is becoming the standard of care for research and clinical studies.  

Such an approach is able to provide complementary information which can detect and 

characterize tumors.  Advancing instrumentation for diffuse near-infrared spectroscopy 

(NIRS) within a conventional magnetic resonance imaging (MRI) scanner requires 

careful choices to make a true hybrid imaging system.  In this thesis, a series of system 

technology development studies were completed in order to analyze what was needed to 

prototype the next phase of this technology with detection being possible within the MRI. 

Initially in a breast imaging system, a set of parallel plates was used with a newly created 

frequency-domain and continuous wave source-detector array.  The opto-electronic sub-

system was created and deployed within a previously existing MRI-coupled spectroscopy 

approach, principally allowing incorporation of additional NIR wavelengths beyond 

850nm, with interlaced channels of photomultiplier tubes and silicon photodiodes.  This 

new sub-system improved the data quality and accuracy in recovery of all breast optical 

properties.   

While the current system is highly functional, and was deployed in a large clinical trial of 

over 60 subjects, the usability was found to be limited due to the cumbersome nature of 

the fiber-breast geometry and adaptability of the system.  Furthermore, there is a severe 

penalty for the lack of full breast coverage as the sensitivity of DOT to tumors drops.  

Full coverage of the breast was found to be a critical.  Adding more fibers for full breast 

coverage is impractical due to the size of the fibers as well as the significant cost that 

would be incurred.   In order to solve this challenge, we have built a system which places 

detectors in direct contact with the patient’s tissue, thus, forgoing the long fiber optic 
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cables used with the hybrid system and improving light throughput.  

The new modular design, which allows up to 64 detectors to be used, places the detectors’ 

frontend electronics outside the MRI room without sacrificing the detectors sensitivity or 

dynamic range.  Characterization and calibration of the system is described in detail.   
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CHAPTER ONE 

Overview 

1.1 Introduction to optical tomography and functional imaging 

Medical imaging is a field that uses technology in order to create images from inside 

human body.  This noninvasive form of diagnosis has experienced a rapid growth during the past 

quarter century with advances in technologies that enable it.  Many imaging systems can be 

divided into two main categories: anatomic and functional imaging systems.    Anatomic imaging 

is most commonly performed via systems such as x-ray, x-ray CT, MRI, and US.  This form of 

imaging produces detailed static images of the interior structures of the body.  However, this 

form of imaging is often unable to identify early stages of pathology or other active processes 

until very large numbers of cells become involved, allowing detection of larger structural 

changes in the images.  Anatomical imaging can be complemented by functional imaging 

techniques, which look at the biological activity or function of the organ or tissue of interest.  

Examples of functional (or molecular) imaging are monitoring of physiological changes in tissue 

such as blood flow, oxygen saturation, hemoglobin concentration, and cellular metabolism; 

parameters that are effected by tumor angiogenesis and tissue abnormalities.  Clinical functional 

imaging includes PET, angiography, Doppler US, NM, SPECT, contrast-enhanced MRI, and 

optical imaging.  Due to its low spatial resolution, functional imaging systems are often not 

intended to compete with the superior resolution of anatomical imaging systems.  However, 

multi-modality imaging systems such as PET-CT, PET/MRI, SPECT/CT, and MRI/optical have 

combined both forms of imaging into a single system in order to obtain anatomic as well as 

metabolic information about tissue and are becoming the standards-of-care in different clinics.   
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One disadvantage of functional imaging systems based on PET and SPECT is that they 

require the injection of a radioisotope in the blood which limits their use as well as the number of 

times a patient may be imaged.   Optical imaging is another functional imaging technique which 

uses low-energy visible or near infra-red light between the wavelengths of 600 to 1000nm and 

has proven to be able to detect concentrations of natural chromophores in the body including 

oxygenated hemoglobin, deoxygenated hemoglobin, water and lipids (fat).  Diffuse optical 

imaging (DOT), also may be known as near-infrared spectroscopy (NIRS), is used to reconstruct 

spatial maps of the optical scattering coefficient and the absorption coefficient in order to reveal 

tissue properties that can be used to medical prognosis.  DOT has been combined with contrast-

enhanced MRI in previous systems and has shown promising results in increasing the sensitivity 

and specificity of breast cancer detection.    

DOT provides a significant advantage over other functional imaging methods.  It uses 

non-ionizing radiation, which eliminates radiation exposure and allows for repeated imaging 

without any harm to the patient; it could potentially be used on younger women as compared to 

x-ray; it could be lower cost; it is simple to implement compared to systems like MRI and X-ray 

CT; it is able to differentiate between soft tissues due to differences in absorption and scattering 

of tissue; benign and malignant tumors show different patterns and therefore can be 

distinguished; it is able to utilize various contrast mechanisms (endogenous and exogenous); and 

it could be built as a portable system which would enable use as a point-of-care technology. 

Similar to all imaging modalities, DOT has a few disadvantages, including the need for 

trained expert users, difficulty for combining the results from one imaging modality to DOT, and 

poor spatial resolution which limits tumor size detection.   
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DOT has evolved a great deal due to advancement in development of computing 

technologies, optical hardware, and light propagation modeling.  The combination of this within 

structural imaging modalities such as X-ray or MRI has been shown to provide a data set that 

with their NIRS information is overlaid on the anatomic map.  While DOT/NIRS alone may not 

replace existing imaging modalities, it is a safe methodology that can provide functional 

information that may otherwise be difficult or harmful to obtain using conventional imaging 

modalities.  Applications are primarily in functional imaging of the brain[1] [2] [3, 4], 

monitoring of tissue after surgery[5], and combined with other imaging modalities yields an 

increase in sensitivity and specificity of breast cancer detection[6, 7] [8] [9] [10].   

1.2 Aims of this thesis 

The overall aim of this PhD was to understand the technology used in diffuse optical 

tomography imaging in order to design and build a system that can perform functional imaging 

of the breast while coupled to MRI for simultaneous MRI-NIRS imaging.  In order to do so, first, 

a small-animal fluorescence tomography system was used to understand and improve a time-

domain based optical tomography system.  In this work, the system was reprogrammed in order 

to remove many bugs that caused intermittent problems that prohibited data acquisition.  The 

system was also calibrated and characterized by imaging phantoms as well as small animals.  

Next, the work of Wang et al[1] [2] [3] was extended where a new and efficient hybrid system 

coupling frequency-domain and continuous-wave measurements was designed and built for non-

invasive breast imaging that was able to perform optical spectroscopy of the breast using 

wavelengths between 600 and 950 nm.  This MRI-coupled system was tested on phantoms, 

volunteers, and was also used to perform a clinical trial on patients in Xi’an, China.  The clinical 

trial demonstrated the importance and need for full breast coverage for achieving accurate results.  
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Therefore, the third aim of this thesis was to find a cost effective solution which can cover the 

entire breast volume of the breast without sacrificing data quality or budget.  Since our 

applications involves coupling MRI with NIRS, photon detectors that can be placed directly on 

the breast while the patient is inside the MRI were tested.  This method disregards costly and 

bulky fiber optic cables that deliver and collect light in typical DOT setups.  The final aim of this 

thesis was to present the design and development of a 64-channel cost efficient system which 

used the detector solution investigated.   

1.3 Organization of this thesis  

Chapter 2 presents a brief background of diffuse optical tomography and functional 

imaging.  NIR instrument types are discussed along a brief introduction of the mathematics 

behind image reconstruction.  Three of the most important photon detectors that are used in DOT 

(photomultiplier tubes, photodiodes, and silicon photomultiplier) along with photon counting 

techniques are discussed.   

Chapter 3 presents a background of time-domain DOT along with the building blocks and 

technology behind time-correlated single photon counting.  A summary of a small-animal 

imaging fluorescence tomography system is presented a long with the work performed in order 

to reprogram, calibrate, and test the systems.  Results of phantom testing along with a small-

animal imaging experiment are shown. Chapter 4 describes the work done to design and build a 

hybrid frequency-domain and continuous-wave breast imaging system.  System characterization 

is discussed in detail including calibration, sensitivity, crosstalk, stability, and data acquisition 

and timing.  Phantom testing along with in-vivo results of volunteers and cancer patients are 

presented in chapter 5.  Chapter 6 explains the work done to test MRI-compatible photon 

detectors for in-magnet use.  The results of this chapter was used to build a 64-channel system 
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which allows detectors to be placed directly on the breast tissue for simultaneous MRI and NIRS 

imaging while in-magnet as described in chapter 7.  This chapter covers the characterization of 

the system as well as presents results performed on phantoms.  Finally, chapter 8 discusses 

conclusions learned from this thesis along with future investigations and improvements.    
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CHAPTER TWO 

Background 

2.1 NIR tomography/spectroscopy  

Diffuse optical tomography is a unique noninvasive imaging modality where light in the 

near infrared (NIR) region (600-1000nm) is delivered to tissue while the transmitted/reflected 

portion of the light is acquired and analyzed.  Implementation of non-linear tomographic 

algorithms enables reconstruction of functional information where changes in molecular 

compositions, such as oxyhemoglobin, deoxyhemoglobin, water, and lipids are recorded.  The 

data then reveals physiological activity in the body that may be used to improve diagnostic 

accuracy since benign and malignant tumors have different vascular features. 

A set of light sources and detectors that are placed on the surface of the tissue make up 

the transmittance measurements in diffuse optical tomography.  Therefore, measurements are 

performed on tissue that partially transmits light.  In DOT, light is delivered to tissue at one or 

more locations and the transmitted/reflected light exiting the tissue is collected at one or more 

locations, with delivery and collection commonly implemented using optical fibers.  The 

intensity of the light is attenuated as the light photons travel inside of the tissue.  The attenuation 

of light carries information pertaining to tissue composition and detectors at different locations 

are used to record the light as it exits.  This attenuation is caused by mechanisms which may 

have either absorbed the light photons or which may have scattered the light photons from their 

initial direction.  By separating the contribution of absorption and scattering, one is able to gain 

insights to the composition of tissue such as the absorbers previously described.  

Measurements at multiple wavelengths are used in spectroscopic separation of the effects 

of individual chromophores in tissue.  The minimum number of wavelengths necessary depends 
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on the number of chromophores that need to be quantified.  For example, if only two 

chromophores need to be quantified, then, a minimum of two wavelengths are necessary to 

separate the effects of each chromophore.  Furthermore, depending on properties of the tissue, it 

is possible to image tissue up to 10 to 12 cm thick.  Although it is possible to increase this depth 

by increasing the optical power (intensity) of the light source used, the ANSI standards limits are 

imposed on the amount of optical power that are allowed to be used on living tissue. 

After passing through tissue, the remaining light is registered by detectors at various 

locations around the tissue.  Advanced algorithms are then used to estimate the complex 

pathways light has traveled through tissue and thereupon reconstruct images showing the spatial 

distribution of absorption and/or scattering of light in tissue [11, 12] [13] [14] [15] 

Significant progress has been made over the past decade as instrumentation, inversion 

theory, and computing have matured, and so many prototype systems have been set-up for 

clinical trials. 

2.2 Tissue optics and Optical Contrast 

Optical imaging relies on the interaction between photons and tissue, and therefore, the 

contrast provided by optical imaging is different than that provided by other functional imaging 

modalities such as PET and SPECT.  As photons of light propagate through tissue, they 

encounter different particles that may either absorb the photons or scatter them in a different 

direction from their initial direction of prorogation.  Scattering and absorption both cause the 

light intensity to be attenuated as the remaining photon flux exits the tissue.  Absorption causes 

annihilation of the photon as the photon transfers its full energy to the absorbing.   Scattering 

alters the direction of the photon causing the photon to travel a complex and random path that 
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may lead to absorption of the photon or to exiting the tissue at a random location from the direct 

line-of-site between the light source and the light detector.   

Absorption of photons in tissue is due to natural chromophores which include 

oxyhemoglobin, deoxyhemoglobin, water content, lipids, melanin, collagen, etc.   The relative 

concentrations of these values can be used to identify tumors and other abnormal tissues [16].  

Scattering of photons in tissue is due to scatters such as cell nuclei and mitochondria.   

While DOT relies on the natural endogenous chromophores of tissue, another form of 

optical imaging known as fluorescence diffuse optical tomography (FDOT), or diffuse 

fluorescence tomography (DFT), relies on exogenous contrast agents that are injected into the 

body.  Exogenous contrast agents are able to enhance the contrast between normal healthy tissue 

and suspected tissue as well as provide an increase in detection sensitivity allowing pico-molar 

and even femto-molar contrast concentrations to be recovered [17].  These agents can target 

molecules that are specific to the type of cancer, such as breast cancer, and provide a robust 

signal-to-background ratio compared to imaging endogenous contrast alone [18].  FDOT enables 

signals to be detected at depths of 7-14 cm [19].  As will be shown below, tumors normally cause 

an increase in light attenuation as the photons are absorbed by the vascular structure of the tumor.  

However, with FDOT, when the contrast agents accumulate at the tumor site, photons that are 

absorbed by the contrast agents will be reemitted at a different wavelength where it can be 

filtered out in order to detect the fluorescent signal and isolate the tumor [20] [21].  The contrast 

in FDOT is due to fluorescence as opposed to absorption as in DOT.  The drawback of this 

technique of course comes from causing the modality to become invasive (or minimally 

invasive) as compared to the non-invasive nature of DOT.  However, there have been indications 
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where DOT imaging alone without contrast agents is insufficient for clinical applications which 

is in part why DOT is usually combined with other imaging modalities [22].   

Regardless of the technique, photons follow different and complex paths as they migrate 

through tissue.  Representative paths are shown in Figure 2.1.  A photon incident on tissue may 

reflect from the surface of the tissue (paths A and C), diffuse through tissue (paths B, D, and E), 

or be completely absorbed (path F).  When a photon is absorbed, it transfers its energy to the 

tissue.  Photon reflection may be divided further into specular reflection (Path A) where the 

photons are reflected immediately as they hit the surface of the tissue, or diffuse reflection (Path 

C) where photons diffuse through tissue scattering multiple times until they reach the same plane 

the photons had entered.  Transmission may also be divided further into direct transmission (path 

B) where photons may exit the tissue without experiencing any scattering, and diffuse 

transmission (paths D and E) where photons are scattered multiple times before they exit the 

tissue.   

 

Figure 2.1: Different paths photons travel through tissue.  Path A: specular reflection, Path B: 
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Ballistic photons (direct transmission), Path C: diffuse reflection, Path D: diffuse transmission, 

Path E: diffuse transmission (snake photons), Path F: absorption. 

Photons that do not experience any scattering as shown in path B are known as ballistic 

photons.  These photons carry the most amount of spatial information because of the fact that 

they have traveled the shortest path between the source and detector and have no information 

about the tissue other than the direct path it has followed between the source and the detector.  

While these photons carry the most amount of spatial information, only very few photons make it 

without scattering.   Furthermore, ballistic photons decay with very high exponential attenuation 

as the thickness of the medium increases, making them unrealistic for any appreciable tissue 

thickness [23].   

Photons which may have scattered very few times are sometimes referred to as snake 

photons (path E). These photons carry partial information about the nature of the original 

photons such as their initial direction and polarization.  The majority of photons, however, are 

diffuse photons (paths C and D) where they diffuse through tissue scattering enough times to 

completely lose any information about the original nature of the photons. Imaging systems that 

utilize snake photons have a great spatial resolution, but low SNR due to the number of photons.  

On the other hand, imaging systems that use diffuse photons have a great SNR, but low spatial 

resolution as these photons would have traveled a complex tortious path before arriving to the 

detector.   

The idea of DOT, or NIR spectroscopy, is to illuminate tissue with several wavelengths at 

one or more source locations, then observe the emerged light with detectors at one or more 

locations, and then to recover the concentrations of the tissue chromophores.  Chromophores that 

absorb photons have a strong dependence on the wavelength of light used.  The absorption 
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spectrum of the four main chromophores is shown in Figure 2.2.  There are two main points that 

are illustrated in the figure.  First, it is clearly shown that each chromophore has a distinct 

spectral shape.  Second, one may note the reduced absorption at wavelengths between 600 and 

1000 nm.   

 

Figure 2.2 (a): Absorption spectrum of the four main chromophores found in breast tissue, (b) 

scattering spectrum of tissue. 

The first point explains why multiple wavelengths are used in DOT.  Since each 

chromophore has a distinct spectral shape, by using enough wavelengths, one is able to separate 

the effects of each chromophore and thus, obtain the concentration of each chromophore.  The 

second point explains why DOT uses the narrow spectral window of the electromagnetic 

spectrum.  Light below 650 nm is strongly absorbed by hemoglobin while light above 1000 nm 

is strongly absorbed by water.  Since contrast in DOT is mainly due to chromophores absorbing 

the photons, complete absorption of photons will result in no or very little contrast.  Therefore, 

the 650-1000 nm spectral window is used with optical imaging which enables imaging to be 

performed at centimeter depths.  Unlike absorption, scattering of photons in tissue is weakly 

dependent on the wavelength of light as shown in Figure 2.2 (b).   
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By analyzing the absorption and scattering of tissue, one is able to distinguish between 

normal and abnormal tissue.  For example, in general, tumors have high vascular features than 

the surrounding tissue leading to an increase in photon absorption.  Furthermore, by looking into 

the scattering, one may be able to discriminate between benign and malignant tumors and cysts.  

While tissue does exhibit properties other than absorption and scattering (i.e. fluorescence, 

inelastic scattering, etc. [24] [25]), these interactions are smaller when compared to absorption 

and scattering and are usually ignored in intrinsic NIRS.    

2.3  NIR instrument Types 

Three different measurement types are used with DOT/NIRS methods: 1) steady-state 

(SS) [also known as continuous-wave, CW], 2) frequency-domain (FD), and 3) time-domain 

(TD).  These types differ in their complexity as well as the amount of tissue information that may 

be retrieved from the measurements.  The light input and measured output signal for the three 

different techniques is depicted in Figure 2.3.   
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Figure 2.3: Light input/output of optical signal for the three instrument types used in DOT. (a) 

Time-domain, (b) frequency-domain, (c) steady-state. 

The simplest approach to optical tomography is the steady-state technique.  In this approach, a 

constant intensity light source (white light, LED, or laser) is incident on tissue while the 

attenuated reflected and/or transmitted light is measured.  The light source may be modulated at 

low frequency (from DC up to a few MHz) to increase the signal-to-noise ratio (SNR).  

Modulating the light source and measuring the attenuated light at the same frequency as the 

source improves SNR by allowing the measurement to lock unto the correct signal while 

suppressing sources that are not correlated with the modulated measurement such as background 

light.  Modulation of the source also permits multiple sources and/or multiple wavelengths to be 

used simultaneously by modulating sources and/or wavelengths at difference modulation 

a.	

b.	

c.	
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frequencies.  Steady-state measurements provide relative changes to optical contrast (Hb, HbO) 

and not absolute measurements.  A drawback of steady-state imaging is that the absorption and 

scattering of tissue cannot be determined simultaneously as intensity measurements alone cannot 

separate the effects of each [26].  One way to solve this problem is to assume a constant 

scattering throughout tissue (homogeneous tissue) and then derive the absorption information 

using intensity measurements [27].  Another approach is to use multiple source/detector 

positions to image tissue.  

Frequency domain spectroscopy employs a modulated light source (50 MHz to 1 GHz) 

where the phase and amplitude of the transmitted/ reflected output signal is measured with 

respect to the input light as shown in Figure 2.3 (b).  Different methods are used to measure the 

phase and amplitude including homodyne detection, heterodyne detection, and single-side band 

detection.  These methods are detailed in Chapter 4.    

Time domain systems can provide the most information about the nature of the diffuse 

photons and thus the tissue composition.  In TD systems, a narrow laser pulse illuminates the 

tissue and the light flux on the boundary is measured.  As the laser pulse travels through tissue, it 

is attenuated, delayed, and gets broadened with respect to the original pulse.  Absorption and 

scattering coefficients may be determined by measuring the time it takes for the pulse to reach 

the detector and the shape of the pulse.  For example, photons in a high scattering medium will 

take longer to exit the tissue as they keep scattering, which will lead to a broadening of the input 

laser pulse as shown in Figure 2.4.  Photons in a high absorption medium will be attenuated and 

only photons with a relative short pathlength will make it through the tissue which will result in a 

lower pulse intensity while somewhat preserving the width of the input pulse as shown in Figure 
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2.4.  Figure 2.4 also shows the banana patterns photons create as they are scattered in tissue 

showing the arrival of early, diffuse, and the late photons associated with the banana patterns.  

Streak cameras, time-correlated photon counting systems (TCSPC), and time-gated 

intensified CCD imagers are used with TD measurements and are able to generate images with 

improved image quality [28].  Furthermore, TD systems can be used with FDOT where images 

of fluorescent yields and lifetimes of multi-components can be obtained to further enhance 

DOT[29].  TCSPC systems are discussed further in Chapter 3.   

The advantage of time-resolved techniques (TD and FD) over SS is that these methods 

are able to measure the distance a photon travels in addition to the number of photons that exit 

the tissue (i.e. light intensity).  FD provides an average pathlength of the photons while TD 

systems provide a precise measure of the pathlength.  This additional data adds to the uniqueness 

of the solution to recovering the absorption and scattering coefficients and enables a better image 

reconstruction.  
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Figure 2.4: the transmission of a light pulse through tissue is illustrated where broadening due to 

multiple scatter is illustrated along with attenuation of the broadened pulse due to absorption.  

The temporal bands detected have traversed different average paths, as illustrated in the bottom 

row.  
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A summary of the three methods is shown the table below.  

 Steady-State Frequency-Domain Time-Domain 

Cost Cheap Moderate Expensive 

Complexity Low Medium High 

Measurement High SNR Medium SNR Low SNR 

Table 2.1: Comparison of DOT techniques.  

2.4  Light Modeling and the diffusion approximation  

Light photons in biological tissue can be modeled by the radiative transfer equation 

(RTE).  The RTE describes the propagation of radiation through a medium (e.g. tissue for 

example).  It is a differential equation that describes the change in light intensity ̅ , ̂ ,  with 

respect to time in a medium where photons do not interact with one another and are subjected to 

absorption and scattering events.  The RTE is given by:  

1 ̅, ̂ ,

̂ ∙ ̅, ̂ , 	 	 ̅, ̂ , ̅, ̂ ,
	

4
̅, ̂ , ̂ ∙ ̂ Ω  

, where:  

 ̅ , ̂ ,  = the light intensity (number of photons per unit volume) at position r in direction ̂ 

̂ ∙ ̂   = the normalized scatter phase function which gives the probability of scattering 

from direction ̂  to direction ̂ 

  = the source distribution 
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 = the absorption coefficient (0.002 to 0.01 mm-1 for breast tissue; 1/  represents the 

average distance a photon would travel before experiencing an absorption event)  

  = the scattering coefficient (0.1 to 10 mm-1 for breast tissue ; 1/  represents the average 

distance a photon would travel before experiencing a scattering event) 

  = the speed of light in the medium ( /  where is the speed of light in vacuum 

and  is the index of refraction of the medium) 

The RTE states that the change in the light intensity with respect to time is effected by 

the flow of photons in the ̂ 	direction ( ̂ ∙ ̅ , ̂ , ), the scattering and absorption events that 

occur ( 	 ̅, ̂ , , by the source of light ( ̅ , ̂ , ), and by photons that scatter 

from other directions into the ̂ 	direction (
	 ̅, ̂ , ̂ ∙ ̂ Ω ).     

The RTE equation can be solved numerically via Monte Carlo simulations or analytically.  

Analytic solutions can be found for problems with simple geometries and cannot usually be 

found for complex geometries.  Monte Carlo simulations are a great tool for analyzing the RTE.  

This method simulates the path of individual photons as they scatter and get absorbed in tissue.    

However, this method is stochastic in nature where the variance of the resulting photon fluence 

depends on the number of photons simulated.  Therefore, this method requires a large number of 

photons to be simulated in order to arrive at the correct results and, thus, is very computationally 

expensive.    An approximation to the RTE known as diffusion approximation is used to simplify 

the modeling of photons in tissue and is more computationally efficient.  The diffusion 

approximation in time domain is given by:  

1
	

,
, ∙ , 	 	 ,  



19	
	

, where:  

  = the fluence rate (photon density) at position r  

  = the diffusion coefficient and is defined as: 	
	

 where  is the reduced 

scattering coefficient  defined as 1  where g is the anisotropy factor which 

describes the relative directional bias of optical scattering (g ~ 0.7-0.9 for tissue) 

Here, an isotropic source 	 delivers photons through the media.  The first term in the 

diffusion approximation is the flow of photons out of the volume with respect to time.  The 

second term is the total absorption per volume.  The third term is the product of the photon 

density and diffusion coefficient. The right hand side of the equation is the source term.   The 

frequency-domain equivalence of the time-domain diffusion approximation can be found by 

Fourier transforming the time-domain equation and is given by:   

	 , , ∙ , 	 	 ,  

, where  is the modulation frequency.  

In order to arrive at the diffusion approximation, few assumptions were made which 

include: 1) scattering events dominate over absorption events ( << ), 2) source term is 

isotropic, 3) phase function is independent of absolute angle, 4) photon flux changes very slowly. 

All such approximations are valid for tissue measurements.  Assumption 2 may seem plausible 

with highly directional sources such as laser light.  However, due to the high scattering of tissue, 

even highly directional light can be modeled as an isotropic light source after one reduced 

scattering distance (~1mm).  Assumption 4 limits light modulation to less than 1 GHz.   

2.5 Image Reconstruction  
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Image reconstruction is beyond the scope of this thesis.  However, a brief introduction 

follows. There are two problems that are related to image reconstruction in diffuse optical 

tomography: the forward problem and the inverse problem.  In the forward problem, one is 

interested in finding the light intensity at the boundary of tissue with known optical properties 

for a known source input.  The solution to this problem is simply found by solving for the light 

intensity term in the diffusion approximation equation.  In the inverse problem, light is delivered 

to tissue and light detectors measure the light output at the tissue boundary.  In this problem, one 

is interested in finding the tissue optical properties that have caused the measured data.   

Both problems are best solved using numerical methods which include Monte Carol, 

finite element methods (FEM), or finite difference methods (FDM).  Image reconstruction in this 

thesis was implemented using NIRFAST, which uses FEM methods to solve diffusion 

approximation problem.   

In FEM, the tissue is modeled by finite number of elements where each element has 

nodes at its corners.  The goal of this method is to estimate the photon density of the diffusion 

approximation ( ) at each of these nodes.  The location of each node is defined in a mesh.   

It can be shown that applying FEM to the forward solver becomes a simple matrix 

problem of the form [30] 

Φ
Φ  

, where A components are elements of the diffusion approximation equation, Φ is the photon 

density and S is the source intensity [30].   

In the inverse problem, the numerical way of finding a solution to the light intensity at 

the boundary is through minimizing the difference between the measured fluence  and 
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between the calculated fluence data  obtained from the forward solver.  This minimization is 

given by:  

	  

, where NM is the number of measurements.   

Another approach to minimization, known as the Tikhonov approach, adds an extra term 

that can be thought of as a damping term which keeps the current optical property estimate from 

wandering off too far from the initial estimate.   

	 	  

, where  is a weighing factor of the difference between the current estimate of the optical 

property at each node subtracted from the initial estimate and NN is the number of FEM nodes. 

Minimizing the  fucntion is done by setting the first derivative to 0:  

0 

The derivate matrix above is known as the Jacobian matrix J.  Using this linear 

approximation and solving the problem as an iterative scheme gives [11]:  

 

, where  is the update for the optical properties, is the data-model misfit at the current 

iteration, and I is the identity matrix.  In NIRFAST, this equation is iterated until the update ( ) 

from one iteration to the next is less than 2%.   

After solving for the optical properties at each wavelength, the chromophore 

concentrations are calculated using a constrained least square fit to the Beer’s law, , 

where  is the molar absorption spectra of the tissue’s absorbing chromophores and C is the 
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concentration of the chromophores.  Also, the scatter power (b) and scatter amplitude (a) are also 

calculated using an approximation to Mie’s scattering theory: .  The scattering power 

and amplitude reflect variations of the tissue composition and maybe used to enhance image 

reconstruction and differentiation between tumors.    

The Beer’s law and Mei’s scattering law that are used to find the chromophore 

concentrations and scattering information can be incorporated directly into the reconstruction.  

This spectral constraint method reduces the number of unknown parameters ( 	and  at each 

wavelength) to 6 parameters (oxy-hemoglobin, deoxy-hemoglobin, water, lipids, scattering 

amplitude and scattering power).  The spectral constraint image reconstruction reduces the 

parameter space by coupling together the measurements at all wavelengths along with the Beer’s 

law and Mei’s scattering law.  This approach is faster, more accurate, and more robust to noise 

[31] [32]  

Finally, another approach that simplifies the inverse problem and increases the speed and 

accuracy is to include a priori information.  A priori information … During reconstruction,  

Breast image reconstruction in this thesis is implemented in NIRFAST which automates 

and simplifies the process of image reconstruction.  The steps needed to perform image 

reconstruction are as follows: a mesh based on the MRI results is created for each patient.  Each 

mesh is then segmented into three regions: adipose, glandular, and tumor which serves as a priori 

information for image reconstruction.  Sources and detectors are then placed on the mesh.  The 

location of sources and detectors is obtained through the MRI stack by use of MRI fudical 

makers that are placed at known location with respect to the detectors/sources.  In other cases, 

the sources/detectors may be known in advance for simple cylindrical or circular geometries.  

Forward data is then simulated on the mesh.  Next, the optical properties of the mesh is estimated 
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though an iterative Levenberg-Marquardt style iterative update with a modified Tikhonov 

regularization.  All these steps are handled via two open source software packages NIRFAST 

and NirVIEW.   

2.6  Photon Detectors 

Photon detection in DOT experiments demand high performance detectors as tissue 

absorption may reduce optical signals by approximately 10-fold per centimeter of tissue for light 

in the red to near-infrared part of the spectrum[17].  The transmitted optical power through tissue 

in optical tomography depends on the tissue type, source strength, and source-detector separation 

and may range from milli-watts up to femto-watts for a total dynamic range of 1012.  The purpose 

of this section is to review and compare photon detectors that are used in the projects of this 

thesis.  Specifically, photomultiplier tube, photodiodes, and silicon photomultiplier are discussed 

in detail.  Photon counting is also discussed as it pertains to diffuse optical tomography and is 

one of the most sensitive techniques that yields the highest signal-to-noise ratio.   

2.6.1 Light 

Light consists of a stream of particles called photons.  The role of a light detector is to 

convert photons (photon flux [photons/second]) into a signal that can be measured.  In order to 

appreciate their role, it is useful to calculate the energy of a single photon.  The energy of a 

photon depends on the wavelength.  For a red photon with a wavelength of 600nm, its energy 

can be calculated using the following formula:  

E hυ h	
c
λ

6.62x10 	
3x10

600x10 	
3x10 	 oules 

, where: 

h = Plank’s constant [joule-seconds],  
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υ = frequency of light (υ = ) [Hz] 

c = speed of light [m/s] 

λ = wavelength of light [m]   

Power is equal to the energy per unit time and for a 600 nm photon, the power associated 

with a single photon per second is ~3 x 10-19 Watts.  In order to further appreciate photon 

detectors, one can calculate the number of photons that are emitted by a weak laser signal.  A 

typical hand-held laser pointer emits a laser beam with a power of ~1mW at a wavelength around 

600nm.  The number of photons that are emitted by the laser diode per each second can be 

calculated using the following formula:  

n 	
Pλ
hc

	
1x10 	x	 600x10
6.62x10 	x	 3x10 	

3x10 	photons/second 

, where  

P = incident light power [watts].   

Photons striking a detector could range from a single photon up to millions of photons 

and even more.  A detector that is able to accommodate such a large dynamic range does not 

exist and one has to take into consideration the working principles and limitations of photon 

detectors that are used for light detection.   

Finally, the speed of light is 3x108 m/s in vacuum.  This speed is reduced as light travels 

in different mediums.  For example, light travels at a speed of approximately 2.2x108 m/s in 

tissue[33].  Thus, in one picosecond, light travels a distance of 300 um in free space but only 220 

um in tissue.  Although this is a very small difference, systems such as time-correlated single 

photon counting essentially utilize extremely fast detectors and electronics in order to detect 

photons down to 1 picosecond (1 x 10-12 s) resolution.  Even higher time resolutions may be 
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reached using streak cameras which can reach a resolution down to the femtosecond (1 x 10-15 s) 

range.  

2.6.2 Photomultiplier tube (PMT) detectors 

To this day, PMT detectors are the gold standard among the most sensitive detectors.  A 

single photon striking a PMT detector generates anywhere between 106 – 109 electrons.  With the 

proper resistor terminated at the output of the PMT, this current pulse is converted to voltage in 

the mV range which can easily be measured.  A simplified schematic of a typical PMT is shown 

in Figure 2.5 below.   

 

Figure 2.5: the detection of light in an electron-vacuum tube is illustrated at left, where electrons 

are generated from a photocathode and travel through vacuum to the anode where current is 

generated.  On the right, the electron multiplication is illustrated by sequential collision at each 

of the charged dynodes in a photomultiplier tube [34]. 

A PMT consists of a photoemissive cathode (photocathode), focusing electrode(s), 

electron multiplier (dynodes) and electron collector (anode).  The entire apparatus is housed 

inside a vacuum tube.  When a photon strikes the photocathode, an electron is generated 

(photoelectron).  The focusing electrodes direct the photoelectron to the dynode chain where 

each dynode is then used to multiply the number of electrons through the process of secondary 

emission.  The first conversion process, the photoelectron conversion, has a rather poor 
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efficiency (typically below 30%).  In fact, some of the emitted photoelectrons do not find their 

way to the first dynode and thus cannot be multiplied.  The collection efficiency of a PMT varies 

with wavelength and is between 60 and 90%. The remaining electron multiplication activity after 

the first dynode has very little noise associated with this process and is usually very efficient.  

As the electrons are multiplied by each consecutive dynode in the chain, the number of 

electrons grows larger and larger until all the electrons are collected at the anode.  The output 

signal therefore is a current signal consisting of a large number of electrons.  By connecting the 

anode to the ground through a resistor, the current signal induces a voltage drop across the 

resistor which can be measured by electronic circuitry.  Each dynode in the dynode chain 

contributes to the electron multiplication.  The multiplication due to each dynode is not constant 

and exhibits some variance. Therefore, one considers only the mean value of the secondary 

emission factor for each dynode (δ).  In an n-dynode chain PMT, a single electron is multiplied 

by δn and results in a pulse at the anode.  This gain mechanism associated with the 

photomultiplier tube detectors makes it one of the most sensitive devices to date.  

Due to the variance of secondary emission, the generated output pulse has a large 

variance.  Thus, for the same number of photons striking the PMT, output pulses with varying 

heights are generated. Figure 2.6 (a) shows an example of PMT output pulses with varying 

heights that may result from the same number of incident photons.  Figure 2.6 (b) shows a 

histogram of the pulse height distribution.  As expected, the pulse height distribution shows a 

Poisson characteristic except for a slight deviation at the low pulse heights side of the curve due 

to dark counts which will be explained later in this chapter.   
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Figure 2.6: a. Diversity of PMT output pulse heights (b) PMT output pulses and pulse height 

distribution of the pulses. 

A PMT detector may be operated in an analog (DC) or digital (photon counting) mode.  

In an analog mode, the detector is unable to resolve the effect of individual photons due to the 

large number of photons striking the detector.  The contribution of individual photons cannot be 

measured, but rather the sum of contributions of all photons is summed.  This mode is depicted 

in Figure 2.7 (a).   
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     a            b 

Figure 2.7: PMT operation modes: (a) analog (b) photon counting. 

As shown in part a, even though photons generate pulses, the pulses end up overlapping 

each other.  In this mode, the mean value of the analog current, which is proportional to the 

intensity of the light flux input, is measured.  Due to the statistical characteristics and variance of 

the amplitude of the output pulses, the noise of the mean value of the anode current is larger than 

the photon (shot) noise.  SNR is lower in the analog mode than photon counting operation mode.  

In digital (photon counting) mode, the detector receives photons that are separated from 

each other by at least the width of the single electron response (SER) of the detector.  This mode 

allows the individual pulses to be counted and summed, regardless of the pulse amplitude.  The 

number of pulses counted per unit time is proportional to the light flux intensity.  An immediate 

advantage can be seen here where the noise associated with the output pulse variation no longer 

contributes to the noise of the output signal.  There are several advantages to using PMTs in 

digital (photon counting) mode instead of the analog mode which are discussed in more detail in 

the photon counting section in this chapter.  
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Typical NEP values for a bandwidth of 1 Hz for a PMT are between 10-15 and 10-16 Watts 

[35].  This translates to detection of 400 to 4000 photons per second for a 800 nm photons.  

Cooling the PMT can improve the NEP value by reducing dark current.  Cooled PMT detectors 

are able to reach NEP values of 10-21 W/Hz-0.5 [36]. Including shot noise in the calculation above 

will reduce the NEP value slightly.  The difference, however, will increase with increasing 

bandwidth.   

2.6.3 Photodiodes/PIN photodiodes  

A Photodiode is a fast, highly linear photon detector with high quantum efficiency.  It is a 

semiconductor device where a P-layer and N-layer regions form a p-n junction which is the basic 

element of a photodiode.  By controlling the thickness of these layers as well as the dopant 

concentration in the layers, the spectral and frequency response of the photodiode can be 

controlled to fit various applications.  Figure 2.8 shows a schematic of the cross section of a 

typical photodiode.  

 

Figure 2.8: Schematic of Si Photodiode Cross Section [37]. 

Light (with sufficient energy) incident on a photodiode generates electron-hole pairs 

throughout the photodiode in proportion to the light level. Due to the dopant concentration which 
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offers excess electrons in the n-layer and excess holes in the p-layer, the electron-hole pairs 

distribute themselves in such a manner which results in an accumulation of positive charge in the 

P-layer and a negative charge in the N-layer.  If connected to a circuit, electrons will flow away 

from the N-layer side and holes will flow away from the p-layer type resulting in an electric 

current in the circuit.   

While the electrons and holes rearrange themselves in the PN junctions, a depletion 

region that is free of excess carriers (no holes or electrons) is created.  Adding a voltage potential 

across the PN junction of the device creates an additional electric field which in turn, enables a 

larger depletion region and aids in transporting the carriers to their respective terminals; holes are 

transported to the anode side (p-layer) and electrons are transported to the cathode side (n-layer).    

A PIN photodiode, shown in Figure 2.9 (b), is similar to an ordinary photodiode except it 

has an additional intrinsic (un-doped) layer sandwiched between the p and n layers and is thus 

called p-i-n or PIN photodiode.  This region provides better and smoother depletion region which 

has advantages over ordinary photodiodes and will be discussed later in this section.  

When light is incident on the photodetector, photons that are absorbed in the depletion 

region or the intrinsic region in a PIN photodiode create electron–hole pairs, most of which 

contribute to the photocurrents.  These electron-hole pairs are swept from the junction by the 

electric field where holes move toward the anode and electrons move toward the cathode, thus, 

generating a photocurrent.   
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Figure 2.9: (a) photons illuminating an ideal reverse-biased p-n photodiode, (b) PIN photodiode 

operation, (c) forward-biased (photovoltaic) operation of a photodiode, (d) reverse biased 

operation of a photodiode. 

A p-n junction allows current to flow easily in one direction (forward biasing) but hardly 

at all in the other direction (reverse biasing).  In forward biasing mode depicted in Figure 2.9 (c), 

also may be known as zero-bias mode, the detector generates current as light is absorbed by the 

detector.  This mode of operation requires no biasing voltage and it is said that the detector is 

operating in the photovoltaic region.  This mode has the advantage that the dark current is kept at 

a minimum.  However, the maximum speed is not achieved. 

In reverse biasing mode, as shown in Figure 2.9 (d) an external reverse voltage bias is 

applied, which increases the width of the depletion region, resulting in an increase in 

responsivity and a decrease in junction capacitance which leads to an increase in the response 

time of the detector.  Detectors operating in reverse bias mode are said to operate in the 

photoconductive mode.  The output signal in this mode is highly linear.  The dependence of the 
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photocurrent on the light power can be very linear over six or more orders of magnitude of the 

light power, e.g. in a range from a few nanowatts to tens of milliwatts for a silicon p–i–n 

photodiode with an active area of a few mm2 [48].  However, this mode has a higher dark current 

contribution to the output signal resulting in a slightly less sensitive detector compared to the 

forward (zero) biased mode.   

One of the disadvantages of photodiodes is that they provide no internal gain mechanism.  

One photon generates a single electron-hole pair.  Therefore, these detectors must use an 

amplifier circuit in order to amplify the output signal and detect low light levels.  Furthermore, in 

order to detect a signal, the incident light must be larger than the inherent noise of the detector.  

With photodiode, noise limits the sensitivity of these detectors in room-temperature to several 

hundred photons [38].   

For a 1 cm2 active area detector, a typical value of NEP is around 10-12 W/Hz-0.5 [36].  

The NEP value is a strong function of temperature due to the direct temperature dependence and 

due to the dependence of the shunt resistance Rsh on the temperature.  Also, smaller area 

detectors can reach a higher NEP value of around 10-15 W/Hz-0.5.  Adding a bias voltage may 

slightly increase the sensitivity of the photodiode but will also increase the dark current, thus, 

decreasing the NEP value.   

 2.6.4 Silicon Photomultiplier 

The silicon photomultiplier is a novel semiconductor detector which consists of an array 

of SPAD detectors in parallel as shown in Figure 2.10.  Each SPAD represents one pixel (also 

referred to as a microcell) of the SiPM detector that is capable of detecting single photons.  SiPM 

detectors are known by many names in the literature where some of the common ones include 

multipixel photon counter (MPPC), pixelized photon detector (PPD), multipixel Geiger-mode 
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avalanche photodiode (MPGM APD), Geiger-mode avalanche photodiode (G-APD), solid state 

photomultiplier (SSPM), etc.  These detectors overcome the weakness of the smaller size of 

SPAD detectors  

 

Figure 2.10: SiPM detector showing SPAD array[39]. 

When the photon flux is low and photons arrive at intervals longer than the recovery time 

of a pixel, the output of a SiPM detector will be pulses that are equal to a single photoelectron 

and photon counting can be used to count the number of photons and deduce the intensity of 

light.  Note that all the pixels are connected to a single readout channel.  When the photon flux is 

high or the photons arrive in short pulses with intervals less than the recovery time of a pixel, the 

output pulses from the pixels will overlap each other and create a larger pulse as shown in figure 

2. 11 below for 2 and 3-photoelectron pulses [40].  This pseudo-analog output can measure the 

number of photons per pulse which is not possible with SPAD detectors.  By measuring the 

height or by integrating the area of each pulse, the number of photons detected can be estimated 

and the photon flux can be measured.   
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Figure 2.11: Pulse waveform for different number of photoelectrons [41]. 

In order to calculate the efficiency of SiPM detectors, the photon detection efficiency takes the 

fill factor into consideration and is defined as:  

PDE(λ,V) = QE(λ)ε (V)GE 

, where QE is the quantum efficiency, ε is the avalanche initiation probability, and GE is the 

geometrical efficiency (fill factor) which reflects the fraction of photosensitive surface of the 

device due to the fact that each pixel is surrounded by some strip of insensitive material 

separating the pixels from each other.   

Typical pixel size varies between 20-100um with a pixel density between 100 and 1000 

per mm2 (highest density achieved so far is around 1600 pixel per mm2).  Typical active areas 

range between 1x1 to 3x3 mm2.  SiPM detectors have numerous advantages:  they are solid state 

devices, compact, rugged, durable, require low bias voltage (<100V) and low power 

consumption, low cost (<$300), easy to use, high photon detection efficiency (PDE  ~ 20% and 

increasing with a potential of reaching 70%), high gain (105 ~ 106), good speed response (300 – 

900 nm), good time resolution, have a wide spectral response range, have no burn in phenomena 

that might occur due to light saturation, they tolerate accidental illumination, and can be used for 

photon counting.  Also, these detectors are insensitive to magnetic fields up to 15 Tesla.   
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The dark count rate is high for SiPM detectors.  Dark counts are caused by thermally 

generated electrons afterpulsing, and optical cross talk where thermally generated electrons are 

the dominant continuator for SiPM detectors.  At room temperature, typical dark count rates are 

105-106 counts per second per mm2 [42] [42]  The dark pulses have a Poisson distribution in time 

and so the noise contribution is the square root of the dark count rate.  Reducing the volume of 

the detector or cooling the detector will reduce the dark counts significantly.  Another method 

that combats dark counts is to use a discriminator and set its threshold value above the single 

electron level which improves the dark count rate substantially.  Figure 2.12 below shows effect 

of setting different discriminator threshold values.  However, reducing the temperature further 

may enhance dark counts caused by afterpulsing.  Afterpulsing is a phenomenon where phantom 

pulses are generated some time after the generation of the primary pulse.  This is due to electron 

charges being trapped in the semiconductor dopant during the avalanche caused by the primary 

pulse.  These trapped charges themselves cause an avalanche which results in a false pulse which 

may be regarded as a true pulse. 

 

Figure 2.12. Dark count rate of a 1mm, 35um microcell SPM as a function of discriminator 

threshold for different over-voltage levels [43]. 
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  Optical cross talk is another issue that plagues SiPM detectors where an avalanche in 

one pixel will initiate another avalanche in a neighboring pixel.  During avalanche multiplication, 

carriers near the junction emit photons as they are accelerated by the high electric field.  Three 

photons with energy higher than 1.14 ev are emitted for 105 carriers during an avalanche 

breakdown [44].  Increasing the discriminator threshold reduces the dark count rate including 

dark counts due to optical cross talk.   

The breakdown voltage and the dark count rate are both a function of temperature.  Temperature 

stabilization may be required for some applications using these detectors.  Finally, NEP values 

for SiPM can reach as low as 0.5x10-15W/Hz0.5 [45] 

2.6.5 Photon Counting 

As discussed above, a PMT detector may be used in analog mode or digital (photon-counting) 

mode.  Advantages of using a PMT detector in analog mode include:  

1- Analog mode is better suited for high intensity signals where the dark noise component is small 

enough that it can be neglected.  

2- Analog mode is cheaper than the photon-counting mode since it does not require advanced 

components normally needed to perform photon-counting operations.  

For low light level applications, light measurement is no longer a continuous stream of 

particles but rather discrete photons.  For such applications where the light flux is extremely low, 

the signal to noise ratio (SNR) approaches 1.   In this regime, photon counting detection 

techniques are superior to analog detection techniques.   

Photon counting can be implemented with detectors that offer a high enough gain to 

distinguish individual photons.  For example, photodiode detectors have no internal gain and 

therefore cannot be used to detect single photons.  APD detectors have gain, but not high enough 
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to detect single photons.  APD can register 10-20 photoelectrons, but not lower.  PMT, MCP-

PMT, SPAD, and SiPM detectors are in fact able to register single photoelectrons.  Their high 

internal gain allows the detector to output electrical pulses corresponding to individual single 

photons. 

A simple photon counting system is shown in Figure 2.13.  The basic blocks in a photon 

counting systems are a detector, a discriminator, and a counter.  A preamplifier/amplifier 

combination may be used prior to the discriminator.  The pulses from the detector are fed into a 

discriminator where pulses higher than a user-defined threshold are counted.  Those pulses are 

referred to as photon counts.  The counter is used to keep track of the number of pulses that 

correspond to these photon counts.  A more advanced concept of photon counting is the time-

correlated single photon counting (TCSPC).  TCPSC is discussed in more detail in Chapter 3. 

 

Figure 2.13: Basic building blocks of a photon counting system [46]. 

The noise in photon counting systems is due to dark count and shot noise.  Shot noise is a 

fundamental type and cannot be eliminated.  Shot noise is due to the stochastic nature of the 

photoelectric process variation.  This noise is the major noise source whenever light intensity and 

count rates are very low as in photon counting.  Dark counts are due to thermally released 

electrons and cannot be distinguished from electrons that were released from photon 

bombardment.  These counts are present even in the absence of light.  
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In order to understand the advantage of using photon counting systems, and with PMT 

detectors in particular, the noise sources associated with PMT will be detailed.  Dark counts in a 

PMT can be divided into two types: thermal emissions from the photocathode and thermal 

emissions from dynodes.  Electrons that are released due to thermal fluctuations from the 

photocathode cannot be distinguished by electrons released due to light striking the photocathode.   

The pulse-height distribution (PHD) curve of these dark counts shows a Poisson distribution 

similar to the PHD curve of the actual light signal as shown in Figure 2.14.  However, electrons 

that are thermally released from dynodes have an exponential pulse height distribution. 

Therefore, in order to disregard this type of dark counts, thresh holding technique maybe used to 

only allow pulses that are higher than a certain threshold to be counted, which results in 

improvement of the signal-to-noise ratio.  Reducing the other type of cark counts caused by 

electrons released from the photocathode may be implemented via proper design and cooling of 

the PMT.    

 

Figure 2.14: PHD curve of light and dark signals from a PMT detector [47]. 
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The dark signal is the superposition of these two components.  Note that in a Poisson 

distribution, the dispersion of the distribution is equal to the mean value.  In order to obtain the 

correct PHD of the light signal, the dark signal must be subtracted from the PMT measurements. 

Single photon counting offers significant advantages compared to its analog counterpart.  

Advantages of photon counting over analog DC methods [47] [48]:  

1- Single photon counting is not subject to the detector gain fluctuation 

2- Single photon counting reduces part of the dark signal, thus, increasing SNR of the data.  The 

PHD figure shows that if the discriminator’s threshold level is on the “valley” of the PHD, we 

can eliminate pulse counts that are due to thermal emission from dynodes, which constitute a 

major noise component.  In analog mode, this noise gets added directly to the signal and cannot 

be removed. 

3- Single photon counting systems have improved stability.  A small change in the supply voltage 

of photon counting detectors will change the gain of the detector.  This will affect the pulse 

height output in analog mode but will not affect the pulse count in photon counting mode.  Single 

photon counting also displays a better stability against electric sensitivity of the electronics used 

especially of the amplifier-discriminator test [47].  

4- Due to the RC circuits inherent to analog systems, a signal reaches its final value exponentially.  

Photon counting systems are unaffected by the RC time constant that is inherent part of analog 

systems’ electronics.   

One of the drawbacks of single photon counting systems is that as the light level increases, the 

response of a photon counting system becomes nonlinear: the recorded counting rate 
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(counts/second) underestimates the true counting rate and the output is no longer proportional to 

the incident light flux.   

 

Figure 2. 15: Cause of pileup effects in photon counting[49]. 

Nonlinearity in a photon counting system, also known as pulse pileup, is due to 

overlapping of pulses as well as the dead time of the detector/electronics.  Depending on the 

pulse height distribution and the discriminator level, pulse pileup might cause count loss or even 

count gain as shown in Figure 2.15.  When two photon pulses are too close to each other, the 

system is unable to resolve the pulses and will ignore the second photon which causes a count 

loss.  Also, if two pulses due to dark counts are below the discriminator level but are too close to 

each other, their values add and an a pulse that exceeds the threshold level appears instead, 

which causes a gain with pulse counts.  

While pulse pileup is especially true for high counting rates where the probability of 

more than one photon striking the detector in a short period of time is higher, it is also true even 

for low counting rates since there still exists a probability of a multi-photon event.  Also, after 

the detection of a photon event, the detector/electronics must wait some time before another 

pulse is detected.  This time interval is known as the dead time of the system and causes non 

linearity of photon detection.   
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Figure 2.16 below shows the effect of pileup on the time-domain and CW measurements.  

Curve a is the correct curve in both figures while curves b and c show the corresponding 

measurements as the intensity of light increases thereby causing pulse pileup errors.  Pulse pileup 

in time-domain systems causes the signal profile to be skewed to earlier times.  In steady state 

measurements, pulse pileup causes a decrease in the apparent intensity of the light source.  

 

Figure 2.16: Pileup effect on data acquisition [46]. 

2.6.6 Detectors Comparison 

There are many different kinds of photon detectors and a comprehensive list of these 

detectors along with their properties is beyond the scope of this thesis.  However, table 2.2 below 

presents a summary of essential properties of the most sensitive detectors that are used in photon 

detection of visible and near-infrared photons.  There are many different selection criteria and 

areas of comparison.  These properties were considered when choosing the proper photon 

detector for projects discussed in this thesis.  The selection critieris shown in the table below are:  

‐ Quantum efficiency: probability that a single photon will generate a charge carrier 

that will contribute to the detectors’ final output  

‐ Collection efficiency: a measure of how efficient the detector is in transferring the 

primary photoelectrons or electron-hole pair charge carriers to the output terminal 
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‐ Wavelength: the spectral range of the electromagnetic spectrum that can be registered 

by the detector  

‐ Bandwidth: the operating frequency of the detector at which the response of the 

detector drops below 3dB of the DC output 

‐ ENF: Excess noise factor – a measure of the noise added to the signal due to the 

inherent internal gain mechanism of a detector 

‐ NEP: the input radiant power that produces a signal value equal to the noise value 

produced in the detector  

‐ Gain: ability of the detector to turn a single photon into multiple charge carriers that 

can contribute to the final detector output 

‐ Minimum Detectable Signal: this measure is similar to the NEP.  It is the minimum 

number of photons needed to register an output which exceeds the noise of the device 

‐ Operation Voltage: Voltage needed to enable detector 

‐ Miniaturization: ability to manufacture the detector with small a small sensitive size 

‐ Large Area: ability to manufacture the detector with a large sensitive area 

‐ Mechanics Robustness: robustness of the detector 

‐ Insensitivity to Mag. Field: the effect of an external magnetic field on the detector  

‐ Ambient Exposure: ability of the detector to be exposed to ambient light 

‐ Noise: Inherent noise of the device 

‐ Dynamic Range: the ratio between the largest and smallest possible intensity that can 

be detected by the detector 

‐ Production Costs: cost to produce the detector 

‐ Temperature Sensitivity: Sensitivity of the detector to change in temperature 



43	
	

Summary of photon detectors properties 

  Ideal PD/PIN APD PMT SiPM CCD ICCD EBCCD EMCCD 

Quantum 
Efficicency 

1  … 80% … 80% 10% … 
50% 

… 80% … 80% … 
80% 

… 50% … 80% 

Collection 
Efficiency 

1 1 1 0.9 0.4 1 0.7 0.85 1 

Wavelength 
(nm) 

300-
1200 

300-1100 300-1700 115-1700 300-900 300-
1100 

300-
1100 

300-1100 300-1100 

Bandwidth High ~ 100kHz ~ GHz ~ 100 MHz ~ MHz < 1MHz    

ENF 1 1 2 1.3 1.3 1 1.6-4 1 1.3-2 

NEP ( /
√  

 100 10 0.1 0.5     

Gain 106 1 10 - 1000  104 - 109 105 - 107 1 104 103 103 

Minimum 
Detectable PE 

1 pe 100-300 pe 10-20 pe 1 pe 1 pe     

Operation 
Voltage (V) 

<10V 10-100 100 - 500  1k – 3k < 100      

Miniaturization Yes Yes Yes No Yes No No No No 

Large Area Yes Yes No Yes Yes Yes Yes Yes Yes 

Mechanical 
Robustness 

High High Medium Low High No No No No 

Insensitivity to 
Mag. Field 

Yes No* No* No** Yes No No No No 

Ambient 
Exposure 

Yes No Impact No Impact*** No No Impact Yes No No No 

Noise None Low Medium Low High Medium Low Low Low 

Bandwidth High ~ 100kHz ~ GHz ~ 100 MHz ~ MHz < 1MHz    

Dynamic 
Range 

Single 
photon 

Good Good 
(4-5) 

Great 
(4 – 6) 

Determined 
by pixel # (2 

– 5) 

    

Production 
Costs 

Free Low Low Medium Potentially 
Low 

Low High High High 

Temperature 
Sensitivity 

No Low High Low Low High Mediu
m 

High High 

Table 2.2: Photon detectors summary 
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CHAPTER THREE 

Time-Domain Imaging Systems 

3.1 Introduction - Background and Importance 

A time domain system operates by precisely measuring the time it takes for 

photons to propagate through tissue.  It relies on illuminating tissue with an ultra-short 

laser pulse, with a typical width from few femtoseconds up to few nanoseconds, and 

recording the shape of the pulse as it exits the tissue.  Scattering and absorption of 

photons affect the shape of the laser pulse as it exists, and by measuring the shape of the 

broadened pulse, one is able to quantify the scattering and absorption features of the 

tissue.  

The temporal distribution of the photons in a time-domain system is known as the 

temporal point spread function (TPSF).   The width of a TPSF signal after it exits the 

tissue depends on the type and thickness of tissue photons, but may extend anywhere 

from hundreds of picoseconds to hundreds of nanoseconds.  The fast decay in the TPSF 

profile requires specialized systems in order to measure a TPSF.  A TPSF profile may be 

acquired directly or indirectly.  Direct time-domain technologies that are able to record 

such TPSF measurements include streak cameras, fast photon detectors and oscilloscopes, 

and time-correlated single photon counting (TCSPC) systems. Indirect methods for 

acquiring the TPSF are typically not used to record an entire TPSF profile.  Instead, they 

are used to isolate and record part of the TPSF signal. Indirect methods include time-

gating, correlation, phase shift methods, etc.  

Time-gating methods typically measure early photons which have traveled the 

shortest path from the source to the detector and thus, have experienced the least 
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scattering.  Early photons provide higher spatial resolution for optical imaging since these 

photons propagate closest to a straight line between the source and the detector.  Gating 

techniques record these early photons and reject the remaining photons which have 

undergone a tortuous path due to multiple scattering and have arrived later in time 

compared with early photons. Gating removes these late photons which contain little 

scattering and absorption information in the direct path between the source and detector.   

Late photons, however, have the advantage of improving the image contrast [50] [51] 

since unlike early photons which may be affected by both absorption and scattering, late 

photons are primarily affected by absorption [52].  Gating methods include gated image-

intensified CCD, optical Kerr gate, parametric amplifiers [53, 54], stimulated Raman 

amplification [55], second-harmonic generation [56] [57], and cross-correlation [58] 

In order to achieve the best results with gating techniques, the gating window 

must be very small.  Experimental studies that evaluated spatial resolution as a function 

of gating time have shown that a spatial resolution of ~2 mm is achievable for gating 

times of the order to tens of picoseconds [59].  While gating techniques may be able to 

acquire a full TPSF, they are inefficient.  In order for gating methods to acquire a full 

TPSF, the small gate width must shift across the entire TPSF so that it may be recorded 

fully.  This acquisition technique is extremely inefficient since the majority of the 

photons are not collected during each gate acquisition.  Also, the time gating approach for 

measuring early photons is limited by the number of available photons.  As mentioned 

before, ballistic photons decay exponentially fast as the thickness of the medium 

increases making them unrealistic as the tissue thickness increases.  
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The other technique used with time-domain measurements acquires a full TPSF.  

This technique can be divided further into analog and digital TPSF recording methods.  

Analog TPSF recordings rely on streak cameras or fast detectors and oscilloscopes (or 

digitizers) while digital TPSF use time correlated single photon counting techniques 

which rely on the statistical nature of photons.   

A synchroscan streak camera is able to record the time-decay profile of the signal 

in a single shot.  The working principle behind streak cameras was explained in Chapter 2.  

One of the greatest advantages of streak cameras is their temporal resolution which is in 

the ps range.  Streak cameras, however, are not suitable for NIR tomography as they have 

several disadvantages.  They have a low quantum efficiency that is typical of vacuum 

based photon detectors (<30%), bulky, very expensive, have a small detection area, have 

a low dynamic range, and they require a long acquisition time.  Furthermore,  a streak 

camera may not be able to sample the signal profile time-decay accurately for very weak 

signals consisting of only few photons per pulse [60].  For such weak signals, it is 

possible to increase the number of photons simply by increasing the input laser power, 

but there may be limitation imposed on the power which may prohibit such an increase.   

The discrete nature of such week signal prohibits the use of analog measurement 

techniques.  The solution in this case is to use time-correlated single photon counting 

(TCSPC) technique.  

TCSPC technique is the gold standard in time domain measurements.  In a 

TCSPC system, the time-of-flight of individual photons relative to a reference signal 

derived directly from the source is measured and recorded.  This technique relies on 

registering the arrival times of single photons precisely in reference to the main excitation 
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pulse.  Many excitation pulses are used and the photons that are detected for each pulse 

are registered.  A histogram representing the distribution of the photons arrival per time 

bin is built up over many excitation pulses which results in a TPSF profile that is 

equivalent to the single-shot TPSF profile captured by the streak camera technique. 

Compared to streak cameras, TCSPC systems offer great advantages: they offer 

very high dynamic range, excellent temporal linearity and large collection area (since 

TCSPC may employ large area detectors such as PMT or MCP-PMT).  While their 

temporal resolution was inferior to streak cameras, advances in technologies made these 

systems a great competitor to streak cameras with all the benefits of the streak cameras 

and none of the drawbacks.   

In order to detect single photons, single photon sensitive detectors such as 

photomultiplier tube (PMT), micro channel plate (MCP) or single photon avalanche 

photodiode (SPAD) detectors must be used.  Due to the limitation of virtually all 

detectors as well as electronics, TCSPC measurements require detection of no more than 

a single photon per input pulse.  It is recommended that the number of photons per cycle 

reaching the detector is 0.1 to 0.01 photons (i.e. 1 photon for every 10 to 100 cycles, 

respectively).  Only, 1% to 10% of the incident pulses generate a single photon.  Most of 

the pulses do not generate any photons, and more importantly, the probability of two 

photons striking the detector simultaneously is very low (enter actual value here).  The 

reason behind this requirement is that after a single photon detector senses a single 

photon, there is a “dead” time after which the detector/electronics are not able to respond 

to additional photons.  Therefore, for an input laser pulse, if multiple photons were to 

strike the detector, the first photon would be registered while the rest of the photons 
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would fail to register, until the dead time of the detector/electronics has elapsed.    The 

photons which were not registered would have been lost.  Since a TCSPC system builds a 

histogram of photons that were registered, those unregistered photons, which are part of 

the actual measured signal, will distort the TPSF profile and skew the histogram results 

more toward early photons.   

3.1.1 TCSPC Building Blocks 

The main building blocks of a basic single photon counting system includes a 

detector, a discriminator, and a counter.  The classic TCSPC setup adds a time-to-

amplitude converter and replaces the counter with a combination of analog-to-digital 

converters and memory.  Amplifiers maybe used throughout the system.  The building 

blocks of a TCPSC system is shown in Figure 3.1. 

 

Figure 3.1: Building blocks of a typical TCSPC system [46]. 

As is shown in the Figure, the output of the detector is connected to the 

discriminator.  The detector delivers pulses which correspond to individual photons.  A 

preamplifier maybe used in order to convert the detector’s output to the proper signal to 

be used by the discriminator.  The discriminator triggers when a valid pulse is detected.  
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It is imperative that the discriminator deliver the trigger at the exact time the pulse was 

detected.  There is no room for timing errors as any timing errors introduced in this block 

will lead to a much distorted output.  Therefore, the discriminator used must deliver the 

trigger at the exact time a valid pulse is received.  Furthermore, since detectors may 

produce pulses with slightly different heights and pulse shapes for the same photon, the 

discriminator must be able to compensate for the variances in the pulses height and 

trigger at the same time regardless of the pulse height.  The output of the discriminator is 

connected to a time-to-amplitude converter and is used to stop (or start) a timer that 

calculates how much time has elapsed between the arrival of the photon and the reference 

excitation pulse which caused the photon.  The other pulse which delivers the stop (or 

start) signal to the TAC comes from the reference signal.  The reference pulse signal 

might be electronic and directly connected from the light source to the TAC input or may 

come from another detector/discriminator combination that monitors the output of the 

light reference source.  

Finally, the output TAC signal (which may be amplified) is sent to an analog-to-

digital (ADC) converter where the output of the ADC is equivalent to the photon 

detection time.  The digital output of the ADC is then connected to some type of memory.   

3.2.2 Discriminators 

There are two main types of discriminators: leading edge and constant fraction 

discriminators.  A leading edge discriminator looks at the leading edge of the detector 

pulse.  If the pulse reaches a user-predefined threshold, the discriminator emits a logic 

pulse.  The problem with this type of discriminators is that pulses from detectors such as 

PMT’s and APD’s have a considerable amplitude jitter due to the gain mechanism.  This 
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amplitude jitter causes a jitter in the rise time of the pulses.  This amplitude inconstancy 

will trigger the leading edge discriminator at slightly different times depending on the 

amplitude of the pulse.  This is known as “time-walk”.  Signals with large pulse 

amplitude are steeper and reach discriminator’s level threshold faster than signals with 

smaller pulse amplitude.   This issue is not critical for single photon counting systems 

that are only interested in the presence of photons and ignore the photon arrival time. 

However, for TCSPC based systems, photon arrival times and accumulation of the 

statistics needed to build of a TCSPC profile is the main goal of such systems and trigger 

time dependence on the pulse’s peak amplitude is unacceptable.   

A constant fraction discriminator is able to solve the time-walk problem of 

leading edge discriminators by triggering only when the input pulse reaches a user-

predefined fraction of the peak value.  CFD doesn’t just look at the edge of the pulse, but 

it looks at the entire pulse to determine if the pulse has reached a fraction of a user-

defined value.  The CFD discriminator is triggered at the same time regardless of the 

pulses’ amplitudes.  Therefore, a CFD is used to extract valid detector pulses as well as 

obtain the exact timing of these pulses.   

The CFD works by comparing the original signal with an attenuated and delayed 

version of itself.  A CFD generates an attenuated and inverted replica of the original 

signal and then sums this signal to a delayed version of the original signal.  The original 

unipolar input signal has now transformed into a bipolar signal which crosses the zero 

axis and changes polarity exactly when a constant fraction of the input pulse amplitude is 

reached.  The zero crossing time of this signal is independent of the amplitude of the 



51	
	

input signal.  By adjusting the attenuation and the delay of the split signals, one is able to 

choose the pulse constant fraction.   

The CFD is responsible for many of the advantages of photon counting.  First, the 

output pulses are counted independent from their amplitude at the detector output.   For 

detectors such as the PMT detector, this is a great advantage that solves many issues 

which contaminate PMT measurements including the large statistical variance of pulse 

amplitudes due to the PMT gain mechanism as well as high voltage supply dependence.    

Another advantage is that by setting the discriminator’s threshold level at the 

‘correct’ point, one can eliminate lower pulses that are due to the thermal emission from 

the dynodes, which will suppress part of the dark current and increase the signal to noise 

ratio.  .   

3.1.3 Time-to-Amplitude (TAC) 

The second major block of a TCSPC system is the time-to-amplitude (TAC) 

converter.  A TAC acts like a stop watch where one input initiates the start of the count 

while the other input stops it.  The output of the TAC therefore is a voltage (or current) 

signal which corresponds to the time difference between these two events.  For TCSPC, 

one of the inputs to the TAC is obtained directly from the CFD while the other input is 

obtained from the reference.  The reference sync pulses may be provided electronically 

by certain systems such as mode-locked lasers or other laser systems or by feeding the 

input laser source to a detector and then using a separate discriminator circuit to detector 

the start of the reference pulse.   

A TAC is simply a current source and a capacitor.  One pulse turns on the current 

source which charges the capacitor and another pulse turns off the current source which 
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stops charging of the capacitor.  When the current source turns off, the capacitor retains 

its voltage value which represents the time difference between the start and the stop 

pulses.  Very accurate and stable time differences can be obtained with TACs. 

3.1.4 TCSPC Data Type 

A TPSF recorded at fixed optode spacing can be used to obtain values for µa and 

µs’ by fitting the TPSF to a light transport model [61].  The whole TPSF could in theory 

be used in image reconstruction.  However, this is very computationally intensive.  

Different data types may be extracted from a TPSF measurement that can be used to 

simplify image reconstruction.  These data types include the mean flight time, integrated 

intensity (equivalent to a CW measurement), variance, etc.  Frequency domain data is 

simply the Fourier transform of the time domain TPSF measurement except that the time-

domain measurements include much more frequency components than a typical 

frequency domain system.  For example, a typical frequency domain measurement uses a 

single modulation frequency of 100 MHz, whereas a typical time domain system uses a 

light pulse of 100 ps.  The Fourier transform of the ps light source yields a frequency 

range from 0 to GHz.   

The main data types extracted from TPSF measurements are intensity, mean 

photon flight time, and variance all of which are shown in Figure 3.2 below.   
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Figure 3.2: Data types in a time-domain measurement [62]. 

Intensity measurements are equivalent to the measurements obtained from a 

steady-state based imaging system and corresponds to DC signal measurements (0 MHz).  

This data type is sensitive to surface coupling [26]. The intensity and meantime 

calculated from the TPSF are almost equivalent to the amplitude and phase of a 

frequency-domain system [63].  Other data types may also be used to enhance the 

separation between µa and µs but may be more sensitive to noise [64].  These additional 

data types do not have an equivalent type in frequency domain [15]   

3.2 Small-Animal Time-Domain System Characterization  

Small-animal imaging systems have become an important translational tool 

between research and clinical applications.  Small-animal fluorescence tomography 

system development varies widely in their technologies and capabilities, but the key goal 

of most systems is to allow visualization or quantification of the emitted intensity from 

fluorophores. A small-animal microcomputed-guided time-domain fluorescence 

tomography instrument shown in Figure 31 was built by our research group [65] [66] [67].  

The system has a subject bed that couples to a commercial microCT system, and thereby 

allows sequential x-ray CT and fluorescence tomography imaging. The data sets also 
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allow either image fusion or image synergy, where the x-ray structure is used to enhance 

the recovery of the fluorescence image.  

The system schematics are shown below in Fig. 3.3 showing the optical design (a) 

and the electronic control design (b). 

 

Figure 3.3: The schematics of the system are shown in (a) with the optical hardware 

including laser diode (LD), lenses for delivery and pick up (CH1 – CH5), and 

photomultiplier tubes (PMTs). The electronics and control systems are shown in(b), with 

single photon counting (SPC) cards and direct current control (DCC) cards feeding the 

PMT detectors, a laser driver (Sepia), and USB control of the linear filter stages and the 

rotating gantry stage. 
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A specimen is placed on a motorized stage in the middle of a motorized rotating 

gantry.  The rotating gantry enables a single source with a fan beam configuration of 

detectors that rotate around the surface of the specimen.  Fully non-contact excitation and 

detection is achieved and a flexible number of measurements can be obtained.    A 635nm 

laser diode is used to excite the fluorophores within the animal. Five optical channels 

(CH1 through CH5) use focalized detection to collect the diffuse transmission of 

excitation, due to tissue scattering, and fluorescence signals, due to fluorophores, at the 

surface of the specimen.  Each channel separates the scattered signal and the fluorescence 

signal using appropriate filters. Once the signals are separated, they are measured by 

photomultiplier tube (PMT) detectors. The signals from all detectors are routed to time-

correlated single photon counting (TCSPC) modules which provide sequenced binning of 

each count, into a time histogram. The TCSPC measurement is driven by the pulsed laser 

diode (80 MHz), which is controlled by a Sepia-828 multichannel diode laser driver.  All 

controls of the laser driver including pulse rate and laser power are controlled by software.  

The diode is coupled to a 50 μm fiber optic beam-splitter that delivers 5% of the signal to 

a reference channel and the other 95% toward a collimated source fiber directed at the 

specimen. A computer controlled motorized attenuator in line with the source fiber can be 

dynamically adjusted to ensure that the detected transmission and fluorescence signals 

fall within the linear range of the photomultiplier tubes (PMTs). 

A custom-built single board computer (SBC) is used to control all the components 

of the system. The computer houses 6 PCI-DCC-100 direct current control modules, 

which are used to supply power to the photomultiplier tube detectors. The DCC modules 

are also used to control the cooling and the gain of all detectors as well as provide an 
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overload current protection. There are 11 PMT’s in the system - five detectors are used to 

measure signal fluorescence and five detectors are used to measure signal transmission 

(scattering of tissue). The remaining detector is used to measure the pulsed laser 

reference signal in order to initiate the photon counting measurements. The computer also 

houses four SPC-134 time-correlated single photon counting modules. Each SPC-134 

module consists of 4-channel single photon counting units. All modules work in parallel 

allowing for simultaneous photon counting measurements.  

A HRT-41 router is used to connect up to four separate detectors to a single SPC-

134 module. Three routers are used to route the signal from ten detectors to three separate 

SPC-134 modules. The reference detector does not use a router and is connected directly 

to a separate SPC-134 module. Each detector uses a distinct channel of the SPC-134 

module. The photons from individual detectors are routed into different curves in the SPC 

memory, and thus, the system is able to acquire data simultaneously from all detectors.  

Different motorized stages are connected to the computer via USB connections. 

These stages are used to position filters, attenuate the laser signal, rotate the gantry and 

move the sample. Feedback from the filter stages is monitored by USB-6009 National 

Instruments data acquisition hardware. 

Current work on the tomography system has focused on updating the control 

software in order to provide a more logical flow of use as well as improve the needed 

automatic control of filters and calibration which is essential for the data to be 

reconstructed accurately [67]. The automatic exposure control has also been improved 

which resulted in a reduction the acquisition speed time.  Finally, an additional laser at a 

different wavelength was added to the tomography system in order to enhance and 
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improve the contrast-to-background ratio for better image reconstruction.  This system 

control flow and the laser enhancement are outlined and the performance of the system is 

demonstrated.   

3.2.1 Control Flow Improvements 

The control of the subsystems presented above is implemented through a newly 

developed LabVIEW interface, as shown in Figure 3.4. This interface gives users a 

complete control over data measurement and system parameters. The software automates 

all steps necessary to acquire data and also provides advanced control functions to 

manipulate the TCSPC, DCC, and the laser parameters, as shown in Figure 3.5.   

 

Figure 3.4. Panels showing the main options presented to users for optical data 

acquisition. 
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Figure 3.5: Panel showing some advanced options presented to users for controlling the 

single-photon counting components. 

The software has been redesigned and built from the grounds up in order to improve 

the functionality and allow the data acquisition to be as user-friendly as possible.  The 

software allows researchers and students alike to operate the software with minimum 

number of steps.  The GUI is simple yet enables the user to access advanced options in 

order to customize data acquisitions to fit the subject being imaged.  A partial list of the 

parameters which can be controlled by the user includes:  

 Number of sources (Ns = 1 to 360) 

 Number of acquisitions per point for increased SNR 

 Number of tomography slices and axial scan increments 

 Attenuation filters for transmission channels (blocked, 1dB, 2dB) 

 Choice of different fluorescence filters 

 Laser integration time per measurement (T = 0.01s to 5s) 

 Laser attenuation value (1 to 50 dB) 
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Moreover, the automatic gain control has been tweaked in order to speed up data 

acquisition.  Automatic gain control is an essential step in data acquisition.  It controls the 

laser intensity attenuation that may be incident on the surface of the subject while 

ensuring that the detectors receive the maximum light and maximize the count rate 

detected by each channel of the 10 PMTs without being saturated or suffer pileup effects. 

[67] 

In order to perform automatic gain control, the TCSPC signal is acquired as a test 

in a low light setting, and then again in a higher light setting. The change in counts versus 

input light level then allows the laser intensity to be increased to a level that allows 

maximal count acquisition for actual tissue imaging. This exposure control approach is 

done automatically, allowing all animals and tissue phantoms to be imaged with maximal 

accuracy in fluorescence and transmission intensity in manner that is transparent to the 

user.  

Finally, the entire architecture of the graphical user interface was designed form 

the grounds up in order to create a code that is modular, expandable, and professional.  

Flow charts were designed thought the programming process in order to aid in 

developing a user interface with these criteria.  Figure 34 shows a sample flow chart that 

was used to design the main GUI screen.  Each box in the flowchart diagram controls a 

procedure and had a similar flowchart that controlled its internal workings.  
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Figure 3.6. The program flow is shown for part of the internal workings of the LabVIEW 

user interface. 

3.2.2 Calibration and Data Types 

Calibration is an important step that accounts for detector differences with respect 

to signal intensity, filter efficiency, pulse delay and temporal dispersion of the signal.  

Full calibration of a time-domain optical imaging system requires accounting for detector 

channel differences with respect to not only signal intensity and filter efficiency, as with 

continuous-wave systems, but also with respect to pulse delay and temporal dispersion of 

signal. The intrinsic sensitivity, pulse dispersion, and time delay properties of each 

detector were determined with a single calibration experiment that can be easily repeated 

before system use. 

3.2.2.1 Laser Reference Calibration 
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Pulsed lasers may not emit pulses that are exact replica of each other.  In fact, if 

the laser is not given enough time to warm up prior to an experiment, the laser intensity 

will fluctuate from one pulse to the other.  There also might be a slight offset between the 

delays of one pulse to the next.  Therefore, monitoring the laser pulses is essential in 

time-domain experiments.   

Figure 3.7 shows 20 reference laser pulses superimposed on top of each other.  As 

can be seen from the figure, the pulses do not exactly overlap.  Figure 3.7 (b) shows a 

plot of the mean time vs. the pulse number.  Also, as can be seen from the figure, there is 

a shift in the mean times of the laser pulses.  This shifting continues for a period of time 

until the laser pulse stabilizes.  Figure 3.7 (c) shows a plot of the total photon count vs. 

laser pulse number.  Again, there is slight variance in the total photon count (which is 

directly related to the intensity of the laser).  As the laser is allowed to warm up for about 

30 minutes, it gets more stable where its intensity remains constant within few percent 

and the time-delay stabilizes.   
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Figure 3.7: A reference channel is used to monitor the laser as a function of scan time. An 

impulse-response function (IRF) is acquired each time a measurement is made. A time 

correction and an amplitude correction is to time-domain data based on variations of IRF 

mean-time and total photon count. 

Therefore, the laser pulses were monitored in order to correct for pulse instability 

and variance during data acquisition.  The intensity and the time delay of all the laser 

pulses were normalized with respect to the first laser reference pulse.  The scaling and 

time delay factors were then multiplied and added to the signals from the ten detectors.   

3.2.2.2 Inter-detectors Calibration and Time-Referencing 

In order to calibrate the detectors with respect to each other, a semi-cylindrical 

phantom, shown in Figure 3.8 (b), was designed which insured that the diffuse light field 

seen by each detector is equivalent.  As the laser light hits the center of the phantom, the 

light detected by all detectors should in theory be the same, including the light intensity 

as well as the temporal delay.  However, due to differences in the detectors, fibers, and 

other factors, there will be differences in both the intensity and the time delay of the 

signal received by the different PMTs.  Scaling factors as well as timing corrections for 

each detector were computed and used to correct raw time-domain data.   
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Figure 3.8. Semi-cylindrical phantom insuring diffused light field seen by each detector is 

equivalent. Calibration factors and timing for each detector are computed and used to 

correct raw time-domain data. 

As can be seen from Figure 3.8 below, calibration plays a crucial step in the 

quality of the data.  Figure 3.9 (a) shows 10 acquisitions collected from the semi-

cylindrical phantom.  As can be seen, there is a slight shift of the data with respect to the 

time axis.  This shift arises from fluctuations of the laser power which was discussed 

earlier.  The calibrated data is shown in Figure 3.9 (c) which shows the same data set in 

Figure 3.9 (a) after applying the calibration coefficients.  Figure 3.9 (b) shows ten 

acquisitions from five different detectors.  The calibrated data is shown in Figure 3.9 (d).   
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Figure 3.9: Impact of inter-detector calibration and time-referencing shown for the central 

detector (left) and for all detectors (right). 

3.3 Phantom/Animal Results 

3.3.1 Phantom Imaging 

Characterization of the system has been performed to determine its sensitivity to 

detect different concentrations of the Alexa Fluo 647 dye in tissue having different depths. 

The figure-of-merit used to quantify sensitivity is the signal-to-noise ratio:    

√  

where N is the peak amplitude of the detected time-domain fluorescence signal.  A tissue-

mimicking phantom shown in Figure 3.10 is used to evaluate the sensitivity of the 

tomography instrument to small levels of fluorophore concentrations and to varying 

tissue thicknesses 
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Figure 3.10: Wedge phantom used in system characterization. 

Figure 3.11 (a) shows SNR as a function of thickness for different laser integration times 

and for a fixed AF647 concentration (CF=0.001g/ml). Tissue thickness sensitivity is 

increased up to 65 mm (SNR=2) for an integration of T=5s.  Figure 3.11 (b) and (c) 

show SNR curves as a function of AF647 concentration for tissue thicknesses varying 

from 19 mm to 50 mm. (b) shows the sensitivity curves for T=0.1s while (c) shows the 

corresponding curves for T=5s 

 

Figure 3.11: Evaluation of signal-to-noise ratio (SNR) for wedge phantom experiments.  
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A mouse phantom (Caliper Life Sciences, Hopkinton, MA) shown in Figure 3.12 

(a) was used for further characterization of the system.  microCT image of the phantom 

was acquired  which provided structural  information of the phantom showing two 

cylindrical inclusions as shown in Figure 3.12 (b).  Both inclusion were filled with 

100nM solution of the AlexaFluor 647 fluorescent dye mixed with 1% Intralpid in water.  

Once the phantom was imaged using the microCT system, it was then moved to the 

fluorescence tomography system where it was imaged.  The data was then reconstructed 

using NIRFAST and the fluorescence image reconstruction is shown in Figure 3.12 (c).   

    

 

Figure 3.12 (a) Image of the mouse phantom used in system characterization, (b) 

microCT image of the mouse phantom, (c) time-domain optical reconstruction results 

overlaid on the microCT image. 

3.3.2 Animal Imaging 

Finally, a nude-type mouse was injected orthotopically with a U251 human 

glioma cell line. The animal was then injected with a 1 nanomole of IRDye 800CW-EGF 

a
b

b	 c
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and 1 nanomole of Alexa Fluor 647 in 100 ul of phosphate buffer solution, 12 hours prior 

to imaging the subject.  The mouse was then anesthetized then imaged using an MRI 

system in order to identify the location of the tumor.  The mouse was then imaged using 

the microCT and the time-domain fluorescence tomography system sequentially.  The 

MRI and microCT-overlaid fluorescence images are shown in Figure 3.13.  

 

Figure 3.13 (a) Contrast-enhanced magnetic resonance images of mouse head injected 

with U251 orthotopic glioma tumor in the left cerebral hemisphere as indicated by the red 

arrow, (b) fluorescence reconstruction of the time-domain system overlaid with co-

registered microCT images of the head of the mouse. 

The tumor absorbs more contrast agent than the normal brain.  Its location can be 

seen in the left cerebral hemisphere of the MRI image as indicated by the red arrow.  The 

microCT image of the mouse is shown in Figure 3.13 (b).  The fluorescence 

reconstruction of the TCSPC system is overlaid on the microCT image and is within 1 

mm of the tumor center of mass as determined by the MRI image.    

3.4 Discussion and Conclusion  

Although TD techniques are more expensive compared to frequency domain and 

steady state measurements, they offer a rich data set that contains more information 

a	 b
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compared to the other techniques.   By measuring a TPSF with high accuracy and 

resolution, a great deal of information by be extracted from the shape of the TPSF [68].  

Subsystems for non-contact preclinical fluorescence tomography instruments 

need to be automated and carefully designed. This includes the control of motors (animal 

positioning, filter positions, gantry motion) as well as laser and light detection 

subsystems. In particular, without automatic exposure laser control the acquisition of data 

can be sub-optimal, and the reconstruction of the fluorescence tomography images is less 

accurate. The design of the software workflow presented here allows this automated 

exposure control to be implemented in a manner that is transparent to the user in order to 

further facilitate the routine use of fluorescence tomography for biological studies. 

Calibration is also an essential part in time-domain systems.  Laser calibration 

was performed in real time by acquiring laser pulses in real-time during data acquisition 

and correcting for laser pulse strength and timing variations.  Inter-detectors calibration 

was performed using a specialized semi-cylindrical phantom which simplified detector 

calibration and enabled accurate adjustments of the differences of all detectors.   

Finally, phantoms were used to characterize the system prior to animal studies.  A 

wedge phantom proved that the system can be used to image animals up to 50 mm in 

diameter although acquisition time would have to increase in order to increase the signal-

to-noise ratio of the results.  A mouse phantom with two inclusions also was used to 

further show the system’s sensitivity.  The system was also used in an animal study and 

showed a great potential for imaging tumors in small animals. 
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CHAPTER FOUR 

Design of a hybrid frequency domain/continuous wave system 

4.1 Introduction - Background and Importance  

Frequency domain (also known as phase modulation) is another technique that is 

used in optical tomography.  Both time domain and frequency domain measurements aim 

at measuring the time it takes for photons to pass through a medium.  Frequency 

measurements measure the average path a photon travels as opposed to the actual precise 

path measured with the time domain techniques.  TD and FD are related to each other via 

Fourier transform.  For example, a 100 ps laser source has harmonics which extend in the 

frequency domain from DC up to 10 GHz.  The repetition rate of the pulses gives the 

fundamental frequency, whereas the pulse width determines the width of the power 

spectrum band [69].  A frequency domain measurement may use a single frequency or 

may use several discrete frequencies.  FD is typically limited to frequencies below 1 GHz 

which corresponds to a temporal resolution of a few nanoseconds [70] [63].  However, 

FD technique can still accurately measure the mean time from the phase shift data.    

While time-domain techniques are capable of higher sensitivity and yields a more 

through data set, FD techniques are more economical and are easier to incorporate into 

clinical settings [71].   
In a frequency-domain (FD) system, the intensity of the light source is modulated.  

The modulation frequency that is used depends on several factors including tissue 

thickness, detectors, and imaging method (transillumnation vs. reflectance).   In order to 

obtain the highest SNR and avoid phase-wrapping problems, it is required that the 

product ω τ = 1 where ω is the angular modulation frequency of the laser source and τ is 
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the time it takes a light source to travel through tissue[72].  The angular modulation 

frequency (ω) is equal to 2πf where f is the modulation frequency of the source (in Hz).  

For a source-detector separation of few centimeters, τ is around 1 ps in tissue.  Therefore, 

typical modulation frequencies used in FD tomography is around 100MHz.  For smaller 

source-detector separation, or smaller tissue (such as in animal studies), the modulation 

frequency must be increased.   

In a frequency domain measurement, both the amplitude and the phase of the 

attenuated signal relative to the source may be measured.  While amplitude and phase are 

both important in frequency domain measurements, phase plays a more crucial role and 

determining the phase accurately is crucial.  In fact, phase measurements alone are 

sufficient to calculate optical properties of tissue in multiwavelength systems [73].   

FD measurement techniques can be divided into analog and digital.  The analog 

measurements utilize homodyne detection, heterodyne detection (also known as cross 

correlation detection), or single-sideband (SSB) detection in order to measure the phase 

and amplitude of the signal [73].  The signal can be coupled to digital electronics 

afterwards.  Digital techniques aim at digitizing the signal and using digital signal 

processing techniques to process the amplitude and phase information.   

In homodyne detection, the signal at the detector end is fed to an in-phase and 

quadrature (I&Q) demodulator where the phase and the ac amplitude of the signal are 

measured.  A heterodyne detection uses mixers in order to down convert the high 

frequency detector output into a lower frequency signal that can be processed easier.  The 

single-sideband (SSB) method differs from the heterodyne method by generating a 
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sideband signal as the second RF signal.  Both heterodyne and SSB methods require 

phase coherence and frequency stability between the input and reference signal.  

Homodyne detection uses local oscillator signal with the same carrier frequency 

as the measured signal.  This technique may be implemented with optics such as a laser 

beam, beam splitters, and interferometers or with non-linear electrical devices such as 

I&Q demodulators.  Converting the light signal into an electrical signal and then using 

devices such as I&Q demodulators is easier and less prone to error than using optics to 

demodulate the signal.  The schematic diagram of an I&Q demodulator used with 

homodyne detection is shown in Figure 4.1.  The demodulator consists of two double-

balanced mixers.  The two inputs of the demodulator are the detected signal and a 

reference signal, both of which are modulated at the same frequency.    

 

Figure 4.1: The concept of homodyne detection is illustrated in terms of in-phase and 

quadrature (I&Q) detectors with low pass filters (LPF), producing a pair of signals (I & 

Q) for each measurement. 

The mixers act as signal multipliers.  If the reference signal has the form 

	 sin  and the output signal from the detector is 	 sin ∅ ,  the I&Q 
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demodulator splits the detector and reference signals into two parts, in which one part of 

the split reference is multiplied by the corresponding part from the split detector signal 

while the other part of the detector signal is multiplied by a 90o-shifted version of the 

reference signal.  The output signals then include in-phase and quadrature components 

where the in-phase, I, becomes 

2 2
sin 	∅ sin 	

									
8

cos ∅
8

cos	 2 ∅  

, and the quadrature signal, Q, is 

2 2
sin 	∅ cos 	

										
8

sin ∅
8

sin 2 ∅ . 

A low pass filter (LPF) eliminates the high frequency components of both the I 

and Q outputs, and the amplitude and phase simply becomes the geometrical sum of both 

outputs, i. e. amplitude =  and phase =  .  While the homodyne 

technique is simple and inexpensive to implement, its output is a DC signal that is 

affected by 1/f noise discussed in chapter 2.  The heterodyne detection technique is 

similar, but improves on the signal-to-noise ratio of the homodyne approach. 

Heterodyne detection uses local oscillator signal with a slightly different carrier 

frequency with reference to the measured signal.  This technique may be implemented 

with optics such as a laser beam, beam splitters, and interferometers but it is easier and 
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more economical to demodulate the signal electronically either at the detector or by using 

non-linear electrical devices such as mixers.  

The key feature of heterodyne detection is to translate signals from one frequency 

band to another frequency band thereby allowing the input signal to be processed more 

effectively.  An example of this non-linear process is shown in the figure 4.2 below 

where signal A at frequency f1 is mixed with signal B at frequency f2 which results in 

waveform C which has two frequency components  f1+f2 and f1-f2.  Mathematically, 

mixing is equivalent to multiplying the two signals (a non-linear process) in order to 

generate two other signals at frequencies equal to the sum and the difference of the 

original signals.  For example, if we represent the reference signal by 	 sin  and the 

detector output signal by 	sin , then, after mixing both signals, the output 

becomes 

	 	sin 	 	 	sin 		

	
1
2
		 cos cos  
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Figure 4.2: Heterodyne detection illustrated here is useful for optical signals in the MHz 

range because these signals are electronically mixed with an offset frequency that results 

in the signal being shifted to a lower frequency for direct detection. 

Heterodyne detection can be accomplished electronically in two different ways.  

The first method uses RF mixers in order to electronically mix the detector output signal 

at f1 with a reference signal at f2 which will generate two signals.  The high frequency 

component is filtered out and the low frequency signal is input to the data acquisition 

system.  The other method relies on internally modulating the detector in order to 

produce the cross-correlation frequency.  Internal down conversion in a PMT, for 

example, is accomplished by modulating one of the dynodes (usually the second dynode).  

A network analyzer can also be used to perform frequency domain measurements through 

heterodyne principle at a wide frequency range.  [74] [75] 

With FD systems, a single modulation frequency is usually used.  As explained 

previously, a 100 MHz signal is typically used for tissue imaging.  As the modulation 

frequency increases, the sensitivity of the detector and electronics shows a decrease.  



75	
	

However, one advantage of using a higher modulation frequency is the increase in phase 

shift difference between the normal and tumor tissue due to the increase in the absorption.  

Some systems utilize multiple modulation frequencies.  Gulsen et al [75] found that 

multifrequency image reconstruction provides a better image quality compared to a single 

modulation frequency systems.   

 

Figure 4.3: An example of a frequency-domain system [72]. 

Several frequency domain systems have been built.  Some FD techniques only measure 

the phase at one or two fixed frequencies [76].  Other systems measure phase and 

amplitude at fixed source-detector separations[77].  Other systems measure phase and 

amplitude at a broad range of frequencies [78] [79] [74].  

Both FD and TD techniques aim at measuring the propagation delay of photons 

traveling through tissue from the source to the detector, thus, enabling quantification of 
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the absorption and scattering information of the tissue media.  While TD provides precise 

timing of the photons from the source to the detector, FD technique provides the average 

time it took the photons to travel from the source to the detector [73]. 

FD systems are more economical compared to TD systems since FD measurement 

can afford less sensitive, slower rise time (smaller bandwidth) detectors.  Steady-state 

techniques can be combined with frequency domain/time-domain systems if the optical 

pathlength (or differential pathlength factor (DPF)) is determined by the FD/TD 

systems[73].   

4.2 Hybrid System Design  

The challenge in NIR breast imaging is to provide a robust system which has 

appropriate wavelength coverage with appropriate dynamic range capability for the 

discrete sizes and attenuations possible between women breasts imaged.  Most DOT 

systems operate at 2 – 4 wavelengths [80] and, due to the limited sensitivity of PMT 

detectors, use light between 650nm and 850nm [81] [82] [83].  Later systems have 

evolved to include additional wavelengths.  However, the larger lipid and water 

absorption peaks both lie at 930nm and 975nm respectively [84].  Recovering the water 

and lipid content is not that accurate without coverage in this range.  Adding these 

wavelengths has been shown to improve the recovery of both chromophore 

concentrations in breast spectroscopy [85] [86] as well as NIR breast tomography in an 

earlier version of the system [84] [87].  This earlier attempt was not on a compact system 

but rather utilized a large spectrometer array which was for initial prototype testing.   In 

the current rendition, a more compact system prototype was engineered to test the ability 

to measure these signals and quantify water and lipid.   
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Frequency domain measurements using intensity-modulated sources, are 

extremely stable and cost effective, but have the inherent limitation that most high 

dynamic range FD systems are based upon photomultiplier tube (PMT) detection.  PMT 

detectors in general have low photon detection efficiency.  The highest gain PMTs have 

wavelength response curves that fall off dramatically above 825nm, and so while these 

systems provide excellent separation of µa and µs’, they do not provide for the best 

wavelength coverage for optimal spectroscopy. The use of steady-state CW (or low 

frequency modulated) light to measure the attenuation of light at  longer wavelengths can 

supplement frequency domain measurements, if combined in a manner which utilizes the 

known spectral shapes as prior estimates of the key molecules to be quantified [83] [87] . 

The system developed here was designed with the idea of sequential illumination for FD 

followed by CW, allowing the widest spectral range possible for MRI-guided NIR 

spectroscopy of breast cancer.  

In this work, a new NIR optical parallel detection system of both frequency and 

continuous wave domains was developed to improve the data quality and accuracy in 

recovery of all breast optical properties.  In order to extend the measurements to longer 

wavelengths while maintaining the system in a compact and mobilized manner, rather 

than using CCDs for each detector as previously tried, solid-state silicon photodiode (PD) 

detectors with a large active area (10 mm x 10 mm) were used.   

The hybrid imaging system, shown in Figure 4.4 (a), was designed to 

accommodate (4.2.1) frequency-domain (FD) and (4.2.2) continuous-wave (CW) 

measurements.   All the FD/CW imaging components along with the (4.2.3) rotary switch 

array and the (4.2.4) data acquisition and control software are housed inside a single 
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portable rack.  Fiber optic bundles held into thick cables connect the light detectors to the 

(4.2.5) patient breast interface.   

 

Figure 4.4: FD/CW hybrid imaging system.  A photo of the complete system is shown in 

(a).  The system diagram is shown in (b).  A photo of human subject being imaged using 

the system. 

A diagram of the internal details of the hybrid system is shown Figure 4.4 (b).  

Detailed description of the components and their interconnection is described below.  In 

brief, a bias-tee combines DC current along with an RF signal (f = 100.0005 MHz) in 

order to drive the FD laser diodes, while a laser current module drives the CW laser 

diodes.  The output of the lasers is directed to the tissue via fiber optic cables.  The 

transmitted signal is recorded using photomultiplier tube (PMT) detectors for FD 

measurements and then followed by photodiode modules for the CW measurements that 

are used with the longer wavelengths.  The output of the PD modules is connected 

directly to the data acquisition (DAQ) board while the output of the PMT detectors is 
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converted to voltage, amplified, and then heterodyned to a lower frequency signal using 

mixers. The output of the mixer is amplified further and then is read by the DAQ board 

4.2.1 FD Detector Channels 

The PMT modules were used with wavelengths below 850nm for frequency 

domain measurements.  The instrumentation for this portion, illustrated in the schematics 

shown in figure 4.4 (b), is nearly identical to our previously published system [82], with 

two important upgrades, including:  (1) a 20dB amplifier that was added after each PMT, 

and (2) a programmable gain amplifier on the data acquisition (DAQ) card.  The light 

source consists of six intensity-modulated (100MHz) laser diodes that cover the main 

spectral range of the four chromophores under study (660, 735, 785, 808, 826, and 

849nm).  A bias-T combines DC bias current from an ILX Lightwave laser driver with a 

100MHz AC signal from a Marconi function generator in order to drive the laser diodes.  

The modulation depth of the lasers is 25-40%.  The lasers are activated one at a time by 

digitally controlling a 6-way RF switch which passes the biased current to the selected 

laser diode.   Each laser diode is mounted on a fiber launch module (Thorlabs, Princeton 

NJ) where the output of each laser is directed into the input of a 6x1 fiber optic combiner 

(Fiberguide, Stirling, NJ).  The output fiber is then directed to the rotating stage, 

discussed in section (c,) where it acts as the source fiber in the system.   

PMT (H9305-3, Hamamatsu, Japan) detectors with a 1.4ns rise time are used to 

acquire the attenuated laser light that is transmitted through tissue.  The spectral response 

range of the PMTs is 185 to 900nm with peak sensitivity at 450nm.  The sensitivity of the 

photomultiplier tube decreases rapidly at wavelengths longer than 850.  Power to all 

PMTs is supplied from a single power supply.  Thin film filters (Kodal Wratten Red 25, 



80	
	

Edmund Optics) are installed on the detectors window in order to block visible light 

below 600 nm from entering the PMTs.  

The RF output of the PMT detectors is amplified using a 20dB RF low-noise 

preamplifier (Minicircuits) which also filters out the DC component of the signal.  

Adding this amplifier has increased the S/N ratio by a factor of 100. The output of the 

preamplifier is then heterodyned with a local oscillator (LO) reference signal 

(100.0005MHz) in order to down convert the 100MHz PMT output and produce an 

intermediate frequency (IF) signal (500Hz) that can be processed more easily by the 

DAQ cards.  The IF output of the mixer is then amplified (100x) and filtered by a 

differential-amplifier/3-pole Butterworth low-pass filter circuit in order to reduce high 

frequency noise before it is measured by the data acquisition card.  The resulting output 

signal is read by the DAQ card where it is phase-locked with a reference signal in order 

to obtain the phase and amplitude of the attenuated signal detected by the PMT.   

The LO signal is obtained by dividing the power of a 13dBm 100MHz function 

generator output into 15 signals using 1x16 RF splitter.  Each output of the RF splitter is 

then connected to the LO input of the mixers.  One output is terminated via a 50 Ohm 

terminator since only 15 mixers are used.  The two signal generators are synchronized 

and the reference signal used for the phase-lock detection is obtained by mixing a portion 

of the output of each signal generator.  This reference signal is then connected to the data 

acquisition card where the phase from all channels is compared with the phase of the 

reference signal. 

4.2.2. CW Detector Channels 
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The CW measurement system extends the range of wavelengths used to image the 

breast in order to better quantify the chromophore concentrations.  The system consists of 

three laser diodes (903, 912, and 948nm) and 15 silicon photodiode (PD) modules that 

are housed in the same enclosure as the FD components.  The output of the laser diodes is 

intensity-modulated at 50Hz in order to obtain better signal-to-noise ratio through 

software-based lock-in detection as shown in Fig.4.4 (b).  

The detectors used are high-precision silicon photodiode modules which incorporate a 

current-to-voltage amplifier within the module (C10439-03, Hamamatsu, Japan). These 

modules have an active area of 1 cm2 and a large spectral response range (190 to 

1100nm) with peak sensitivity at 960nm.  The sensitivity of the PD modules is switchable 

between a low and a high range.  The two photodiodes nearest to the laser source are set 

to low sensitivity in order to avoid light saturation of the modules while the remaining 

modules are set to high sensitivity.  Thin film filters (Kodak-87 Wratten, Edmund Optics) 

are installed on the detectors’ window in order to block light below 800nm.  All PDs are 

driven by a single dual-output power supply.  CW measurements only extract the change 

in amplitude of the light through tissue.  Therefore, unlike the FD measurements, no 

additional components were needed to connect to the PD modules.  The output of the 

PD’s is connected directly to the data acquisition cards. 

4.2.3 Rotary Mechanical Switch Array 

A portable rack contains all the FD and CW components including laser diodes, 

signal generators, computer, and the detectors array.  The detectors array is housed inside 

a custom mechanical switch as shown in Figure 4.5, which was designed using 

SolidWorks and built in-house using ¼”aluminum sheets.  The assembly (21” x 21”) was 
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designed to accommodate both PD and PMT modules.  The PD and PMT modules are 

mounted on the top circular plate while the RF splitter and mixers are mounted on the 

bottom circular plate.  Both circular plates rotate via a high precision motor mounted on 

the bottom circular plate as shown in Figure 4.5 (a).  This allows multiplexing of the laser 

source and detectors to 16 different positions, giving a total of 240 measurements (16 

sources x 15 detector measurements) for each wavelength.  The detectors position is 

always fixed relative to the source position.  Fiber optics cables connect the patient 

interface to the top square plate of the switch assembly.  A small gab exists between the 

top square plate and the circular plate holding the detectors which allows the circular 

plate to rotate.  Light from the fiber optics cables is multiplexed to all detectors through 

holes in both the square and circular plates that align with each other as the circular plates 

rotate.  The fibers remain fixed and thus, the same fiber that was used for the source is 

also used for detection.    
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Figure 4.5 switch array: Solidworks drawing of the array is shown in (a) and photos of 

the actual assembly are shown in (b) and (c). 

4.2.4 Computer and data acquisition 

A computer running custom LabVIEW software controls the system components 

and enables automation of the entire system.  The program allows the user to select the 

lasers to be used for imaging and provides advanced options that enable the user to run 

different customizable scans.  The LabVIEW software controls the signal generators via 

GPIB, the rotary stage through RS232, and two PCI data acquisition cards.  The code was 

programmed by following proper software development methods and the code 

architecture was documented with flow charts as shown in Figure 4.6 (a).  The main 

graphical user interface which enables control of the hybrid system is shown in Figure 

4.6 (b).   
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Figure 4.6: (a) Flowchart used in programming the (b) LabVIEW program which controls 

the hybrid system. 

A 16-bit 64-channel multifunction DAQ card (NI-PCI 6031E, National 

Instruments) is used for acquiring the data from the PMT.  The FD signals are sampled at 

4KHz and 1000 samples/channel are acquired.  The signal from each FD measurement is 

then phase-locked with a reference signal that is also connected to the same DAQ card.  

The phase and amplitude of each channel is analyzed and recorded.  The CW data is 

sampled at 4KHz and 2000 samples/channel are acquired.     

The multifunction DAQ card used has a programmable gain amplifier.  The use of 

this digitally controlled amplifier ensures that the analog FD/CW signals use the 

maximum resolution of the analog-to-digital converter of the DAQ card which improves 
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the signal’s accuracy.  Using this amplifier has increased the S/N ratio by a factor of 10.  

During acquisition, data from each channel is sampled for 100ms in order to find the 

maximum and minimum of each channel.  Once this range is found, the appropriate gain 

is selected for each individual channel and the signals are acquired again.   

The gain of the PMT detectors is controlled by a 16-bit 16-channel static analog 

voltage output card (NI PCI-6703, National Instruments).  The gain is set by applying 

voltages between 0.3-1.1V in increments of 0.1V.  

4.3 System Characterization  

4.3.1 Calibration 

Calibration is a critical step needed in order to get meaningful linear response of 

voltage data from the PD/PMT detector optical measurements.  This takes into account 

amplitude losses and phase delays that result from differences in detectors response, 

optical fiber losses, and RF components performance.  The goal of the calibration process 

is to produce the same response (amplitude and phase measurements) for equivalent 

inputs across the entire dynamic range of the detectors.  Three types of calibration were 

used as described below: 

a) Individual PMT & PD Responsivity Correction 

Detector responsivity calibration was used to account for the differences in PMT 

responses to the same optical signal.  The relative sensitivity of each optical detector was 

quantified using a single light source which was placed in the radial center of a 

cylindrical homogenous phantom.  The response of all the detectors was measured and a 

scaling factor was obtained which corrects for slight differences of the intensity detected.  

However, the signal detected is affected not only by differences in the detector response 
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and associated RF-circuitry, but also by differences in the dispersion properties of the 

fiber bundles.  Since the detectors rotate while the fiber bundles remain fixed, the scaling 

factors were obtained for each of the 16 different source positions in order to correct for 

fiber bundles differences.  

b) PMT Gain Calibration 

Different light levels reach the PMT detectors depending on their position from the 

source fiber.  In order to account for this difference, the PMT offers a large dynamic 

range.  The large dynamic range of a PMT is in part due to the ability to manipulate gain, 

which affects the light level that can be detected over many orders of magnitude.  But 

critically, the response of the PMTs at different gain levels must be calibrated if the 

signal is to be interpreted in a linear manner across these orders of magnitude.  The 

calibration process that was used is similar to the calibration process that was described 

by Mastanduno et al [88].  

c) Homogenous calibration 

Homogenous calibration is used to compensate for optical fiber losses and any small 

errors that might develop during the detector calibration process, and also allows a better 

match of the data to the forward diffusion model in the image reconstruction process.  

This calibration also needs to account for the two different detectors used.  Prior to each 

experiment, a phantom with optical properties similar to the breast (or to a heterogeneous 

phantom) is imaged with both types of detectors using all available wavelengths.  The 

data set consisting of the logarithm of the intensity and phase shift from the homogenous 

phantom experiments are subtracted from a calculated diffusion model of the same 

phantom region, and this is then added onto future measurements of heterogeneous 
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phantoms or tissues that were imaged.  This provides a fiber-by-fiber small correction, 

assuming additive errors can be fixed this way.   

4.3.2 Detection linearity/limits 

In order to determine the sensitivity and linearity of each detector, a fixed optical 

signal along with neutral density (ND) filters were used to look at the detectors response 

as a function of incident light power.  The light power was increased incrementally by 

removing the ND filters from the path of the laser beam while the AC amplitude and 

phase response of the PMTs and the AC amplitude of the PDs were recorded.  The AC 

signal error and phase error as a function of incident power for one of the PMTs for this 

system in shown in Figure 4.7.  The results are compared to the previous generation  

system built in our lab [82]  in order to demonstrate the improvement of the new system 

over the older one.  The full dynamic range of the PMT’s was about 1x105 with the 

lowest signal detected at around 10 pW using the highest gain setting.  Adding the RF 

amplifiers to the system has helped in increasing the S/N ratio of the FD measurements.   
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Figure 4.7: Standard deviation of the natural log of the amplitude (In AC) (a) as well as 

the standard deviation of the phase (b) of the photomultiplier tube (PMT) as a function of 

incident light power.  The blue marks represent the results for the new system while the 

red marks represent the results for the system built by McBride et al. 

Figure 4.8 shows the response of one of the PD’s as a function of light power for 

the two gain settings of the PD.  The low range exhibits linearity over the range of 0.1nW 

up to 2uW while the high gain setting exhibit linearity over the range of 1pW up to 20nW.  

Thus, the full dynamic range of the PDs is 2 x106.   
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Figure 4.8: Photodiode (PD) response as a function of incident light power for the two 

available gain settings of the PD. 

4.3.3 Gain settings 

PMT detectors nearest to the light source receive orders of magnitude more light 

than detectors farther away.  In order to account for this variability, the gain of the PMT 

detectors must be adjusted accordingly.  The gain of the PMT detectors is adjusted by 

adjusting an analog control voltage input which is controlled via a static analog voltage 

output NI-6073 card from National Instruments.   

Prior to acquisition, the PMT would be set to the lowest gain possible (0.3V).  

The gain of each PMT is then increased in 0.1V increments while monitoring the PMT 

output AC signal.  Once the AC signal reaches a user defined threshold, the gain of that 

particular PMT is set.  The process continues until all PMT gain values have been set or 

until the gain reaches a maximum user-defined value.  The system waits for 100ms 

during the process of finding the proper gain before acquiring and analyzing the AC 
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signal.  However, once the gains have been set for all PMT’s, the system waits for an 

additional 1000ms to ensure a better stability of all PMTs.   

As mentioned previously, the sensitivity of the PD modules is switchable between 

a low and a high range using a switch on the back of the PD module.  The two 

photodiodes nearest to the laser source receive much more light than the remaining 

modules and therefore had to be set to low sensitivity range in order to avoid detector 

saturation.  A high sensitivity setting was used for the remaining modules since the 

amount of light received by these detectors is below the saturation point of the high 

sensitivity range.  

In order to improve the performance of the system even further, a programmable 

amplifier on board the DAQ card was used.  During acquisition, data from each channel 

(FD and CW) is sampled for 100ms in order to find maximum and minimum of each 

channel.  Once this range is found, the appropriate gain is selected for each individual 

channel and the signals are acquired again.  This ensures that the maximum ADC 

resolution is used while acquiring all signals.  

4.3.4 Cross talk 

There are two types of cross-talk that may affect the results of the system.  The 

first type is an inherent property of the PMT where increasing the light intensity of a 

signal while maintaining the phase influences the phase readout.  This is due to space 

charge effects of the PMT.  In order to minimize this cross-talk, we start the PMT at the 

lowest possible gain and increase the gain in discrete steps until the signal is above the 

noise floor of the system, but well below the saturation level of the PMT.  Once the 

signal level reaches a user-defined minimum value which is approximately the middle of 
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the dynamic range of the PMT, the gain is set.  This method ensures that the PMT anode 

current does not reach large values that may disturb the electric field inside the PMT and 

cause the phase to change.   

The other type of cross talk that may affect the measurement is interchannel cross 

talk from the DAQ card.  This type of cross talk may be improved if differential-

measurements are used.  However, due to system limitations, our system had to use the 

single-ended termination where all the signals share the same ground point.  This causes 

cross-talk between channels if one channel detects a larger signal compared to its 

neighboring channels.  However, the same method that improves the space charge cross-

talk affect also improves the interchannel cross-talk.  By increasing the gain of each PMT 

until the signal is in the middle of the dynamic range for all PMTs, the voltage read by 

the DAQ device is roughly the same for all channels.  

4.3.5 Stability and repeatability 

The repeatability of the system was determined by repeating a phantom 

measurement continuously while keeping all the parameters in the experiment the same.  

The phantom used is a silicon phantom with diameter of 86 mm.  The laser light was 

directed to the center of the phantom.  The phantom experiment was run five times and 

the standard deviation of the phase as well as the standard deviation of the natural log of 

the amplitude (In AC) was calculated.  It was found that the average repeatability of the 

phase and In AC is 0.2 degrees and 0.5% respectively, as compared to 0.4 degrees and 

0.5% for our previous system.       

In order to measure the stability of the system, the same repeatability experiments 

were performed over an entire week ensuring that the system is turned on and off prior to 
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the experiments.  It was found that the average stability of the phase and In AC is 0.44 

degrees and 1.2% respectively.     

4.3.6 Data acquisition duration and timing 

Experiment duration is very important when patients are involved in imaging.  

Several improvements were implemented in order to shorten the duration of the full 9-

wavelength acquisition including optimizing the way PMT gains are calculated for 

different source position as well as refining software procedures.   

Different breast/phantom interface geometries and different gain-fixing 

algorithms effect the duration differently.  During FD acquisition, for gain routine A, the 

first laser is activated and the rotary stage moves until the source and detectors are 

aligned with the first source position.  The gain finding routine sets the PMTs to the 

proper gain and then data from all PMTs are acquired.  Next, the rotary stage moves to 

the next source position, sets the proper gain and acquires the data.  This continues until 

every source position have been acquired.  Once the results from the first wavelength are 

obtained, the system repeats the same process above for the remaining wavelengths.   

Another variation to the routine above is used to reduce the acquisition time.  The 

second routine (routine B) reduces the time required for calculating the PMT gain by 

adjusting how the gains are calculated.  It is identical to routine A above during the 

acquisition of the first wavelength.  However, for the remaining wavelengths that are 

used in the acquisition, the gain values that were found for the first wavelength are used 

as the initial starting values for the remaining wavelengths.  In both gain finding routines, 

once the FD acquisition is finished, the system performs a similar process for the CW 

wavelength measurements.  The only difference is that no gain finding routine is needed 



93	
	

while acquiring data with the PD modules since PD module gains cannot be adjusted 

using software.   

Running an acquisition with all 9 wavelengths takes anywhere from 9 to 20 

minutes depending on what geometry and which gain finding routine is used during the 

acquisition.  The total data acquisition time for each wavelength is shown in table 1.   The 

acquisition shown used a pentagon interface that was designed by Mastanudno et al that 

accommodates all breast sizes.  In addition to the total data acquisition time at each 

wavelength, table 1 shows the average time it takes the system to determine the gain for 

the PMTs (column: “Gain”); for movement of the rotary switch array (column: “Motor”); 

and for miscellaneous steps which include toggling the lasers, setting up the function 

generators, etc (column: “Misc”).  Gain routine B approach has cut down the time of a 

full 9-wavelength scan from 19 to about 12 minutes    

  Gain (s) Motor (s) Misc (s) Total Time/�
FD – Routine A 85 30 20 135 (~2.25 min) 
FD – Pentagonal geometry 
Routine B 

40 30 20 90 (1.5 min) 

CW N/A 30 26 56 (~ 1min) 
Table 4.1: A breakout of the time spent on the main sections of the acquisition process. 

4.4 Conclusion  

Imaging water and lipid concentrations poses a problem since the ideal FD or 

time-resolved systems are PMT based, and so limit their response to wavelengths that are 

below the main spectral features of water and lipids.  The ability to accurately image 

water and lipid concentrations enables better characterization of malignant and benign 

tissue as well as provides better characterization of cysts and is also critical to recovering 

accurate hemoglobin and oxygen saturation values.  The new hybrid system presented 

here has extended the wavelength range in order to include these spectral features and 
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thus improves the data available for separation of chromophore contributions.  However, 

since pure CW measurements do not accurately decouple chromophore concentrations 

and scattering, our system combines FD and CW measurements.  Admittedly this 

technological solution is a complicated coupling of two detection technologies; however 

it is presented here in a design which not only allows simultaneous sampling but fast 

source switching.  The design is also extendable to more channels and faster speeds, 

however is slightly configuration dependent in terms of timing.     

A key advantage of the system is the integration of all components into a portable 

standalone prototype, allowing wider optical bandwidth of detection.  The previous 

system used 16 spectrometers which used CCD’s to measure the light signal.  The system 

was a prototype extendable to different types of spectroscopy including fluorescence and 

Raman, but not ideal for extending into highly parallel acquisition in a cost effective 

manner.  The current hybrid system contains all imaging components inside a single rack, 

and is a logical prototype of how to combine FD and CW detection in a package that is 

compact, cost effective, and extendable.   

The addition of +20dB amplifier after each PMT has increased the signal-to-noise 

ratio of the FD measurements.  However, while changing the gain of the PMTs provides 

a high working range of linearity, the FD system was not able to detect light signal levels 

as low as detectable in the CW system. This is likely due to the relatively low S/N ratio 

of the phase measurement by PMT.  The PD modules used with the CW measurements 

proved to be excellent detectors with a very high dynamic range of 2x106 and detection 

limit at 1 pW.  And unlike the PMTs, the PD modules did not require any additional 

electronics or RF components in order to accurately measure the light signal, so they can 



95	
	

be easier to integrate into a massively parallel system.  While the PD displayed better 

linearity and no space-charge effect cross-talk, FD measurements of phase and amplitude 

cannot be acquired due to the lower temporal bandwidth of the PDs. 

Another advantage of the hybrid system is that it has a bandwidth between 50 – 

800MHz allowing multiple modulation frequencies to be used.  Since an MRI scan takes 

a little over 30 minutes while an optical exam takes 12 minutes, it is possible to run 

multiple optical scans with different modulation frequencies during a single MRI scan, or 

the higher frequencies could be used when the tissue volume is smaller.  A disadvantage 

of our current breast interface is that a 3D scan is not possible without having to 

reposition the patient; however the current hybrid array can be used with a larger number 

of channels, in a serial manner, if a better breast interface was developed.   
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CHAPTER FIVE 

Hybrid FD/CW phantom and patients results 

5.1 Introduction 

In order to test and validate the hybrid FD/CW system, first experiments with 

gelatin phantoms were performed.  While phantoms are a great tool to test a system, they 

cannot completely characterize the system performance as phantoms are not able to 

mirror the oxygen saturation and lipid contents of a real breast.  Therefore, human 

volunteers were used to further test the system and get a more complete picture of all 

chromopohres (hemoglobin, oxy-hemoglobin, water and lipids).  Finally, the hybrid 

system was shipped to Xi’an, China where a clinical trial in collaboration with Dr. 

Junqing Xu was performed on 61 patients.  The results of the hybrid system was 

combined with MRI results in order to assess the advantage combining both modalities.   

5.2 Patient/Phantom Interface 

Figure 5.1 shows the schematic of two different breast interface geometries.  

Instead of the circular patient interface (Fig 5.1 (a)) that have been used with our previous 

generation imaging system [82],  a pentagonal patient interface (Fig. 5.1 (b)) was 

designed to accommodate various breast sizes to be imaged inside the MR room [89].  

One end of each of the sixteen long fiber bundles is coupled into a breast MR coil and 

contact the breast with limited pressure for simultaneous MR and optical imaging of 

patients/phantoms. The other end of each of these sixteen fiber bundles are passed 

through a conduit in the wall and connect the source and detectors in the imaging 

assembly located outside the MR room. More details about this new interface are 

discussed elsewhere [89].  
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Figure 5.1: Schematic of two different breast interface geometries: circular (a) and the 

new pentagonal interface (b). 
The primary goal of the interface is to accommodate different breast sizes and it 

was successfully used in imaging breast sizes ranging from A to D as shown in Figure 5.2 

which shows breast MRI images of healthy volunteers. 

    

Figure 5.2: Bilateral axial images of all healthy volunteers imaged in this study arranged 

by cup size. The NIRS/MRI breast coil was able to accommodate all sizes, densities, and 

compositions in the group 

5.3 Phantom Experiments  

In order to study the system in detail, tissue phantom experiments were performed 

on a gelatin phantom mimicking breast tissue.  The blood gelatin phantom was prepared 
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as described by Mastanduno et al by mixing water, type 1 Agarose, 1% Intralipid, and 

whole porcine blood.   The hematocrit level of the blood was measured by a Hemocue 

device to be 8 g/dL and the blood concentration of the phantom was set 15µM which is 

approximate to what is found in healthy breast tissue. The phantom was constructed with 

a hollow 2 cm cylindrical inclusion.  The inclusion was filled with different porcine 

blood concentrations starting from 0 µM up to 45 µM in 5 µM increments in order to 

vary the absorption systematically (15 µM concentration was not used).  With each 

concentration, the phantom was imaged with all FD/CW measurements and data was 

acquired at 9-wavelengths.  The blood concentration was recovered using Nirfast 

software [11]to determine the accuracy in recovery of the blood concentration of each run 

as compared to the expected concentrations.  Briefly, the difference between measured 

data and a diffusion-based model of light propagation through the medium [90] [91] [9] is 

minimized to yield estimates of the optical properties of the tissue of interest. The three-

dimensional reconstruction algorithm was designed to employ a priori information gained 

from MRI to guide the optical solution as outlined in previous work by Carpenter et 

al[92] [93]. This technique makes the assumption that each of the segmented regions 

defined from the MR, adipose and fibroglandular, have similar optical properties 

throughout. We simplify the image reconstruction problem computationally by 

completely eliminating variation within regions, and thus, are able to quantify optical 

properties between regions but not within them[93]. We also use spectral priors in the 

reconstruction, solving directly for tissue chromophores rather than absorption (µa) and 

scattering (µs’) coefficients at each wavelength as outlined in previous work [91] [9] [92] 
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[94]. These methods were applied to both phantom and human subject image 

reconstruction.  

Figure 5.3 shows reconstruction results as a function of the actual blood 

concentration used.  Hemoglobin recovery in the background was 25 µM compared to the 

actual 15 µM concentration.  The background values were very stable across 

concentrations, with the norm of the residuals being 0.0054.  Recovered HbT values from 

the inclusion showed a linear increase (norm of the residuals = 0.0066) with an average 

recovery of 71% of the true blood concentration.  

Figure 5.3: Reconstruction values on a gelatin phantom with 2 cm inclusion.  The 

inclusion was filled with varying concentrations of blood.  MRI images of the phantom 

are shown with the 2 cm inclusion overlaid (a+b).  A photo of the actual phantom is 

shown in (c).  Reconstruction as a function of true total-hemoglobin values are shown for 

total hemoglobin, oxygen saturation, water, lipids, scatter power, and scatter amplitude in 

(d).  Blue circles are for the background while red circles are for the inclusion.   

5.4 Healthy Subject Imaging  

All human subjects imaging has been carried out under an Institutional Review 

Board (IRB) approved protocol, #11487, and have been given informed consent prior to 

entering the study.  Imaging protocol for the human subject examination was approved by 
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the Committee for the Protection of Human Subjects at Dartmouth-Hitchcock Medical 

Center. The subjects were positioned into the clinical MR breast coil and optical fibers 

were moved into contact with the breast tissue. If a fiber was unable to contact the breast, 

data from that fiber was omitted. Co-registration between optical and MR images was 

done using MR fiducial markers in the plane of the fibers and bilateral MR images in the 

axial geometry. Optical and MR data were collected concurrently, with data collections 

taking 12 and 30 minutes, respectively and reconstructed using the methods outlined 

above 

The combined FD/CW system and pentagonal interface has been used to 

successfully image nine healthy volunteers at Dartmouth Hitchcock Medical Center. A 

representative case is shown in Figure 5.4. The volunteer was positioned such that her 

breasts were centered in the MR coil to minimize image artifact and then lightly 

compressed by the fiber optic cables to ensure good coupling. Optical data was collect in 

approximately 9 minutes for FD and 3 minutes for CW, totaling 12 minutes. MRI 

acquisition took approximately 30 minutes, and a second optical scan was performed 

during the remaining time. Data from one fiber was removed due to poor coupling with 

the breast tissue. 
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Figure 5.4: Representative healthy volunteer imaging by combined optical system and 

MRI. Different axial MRI slices are shown with overlays of total hemoglobin (a), oxygen 

saturation (b), water (c) and lipid (d) fraction, scatter amplitude (e) and power (f). In each 

case, the region with the lowest value is removed and the region with the highest value is 

made slightly opaque to visualize overlaid MRI. A bilateral axial image (g) shows little 

degradation of MRI image quality. 

A 3D finite element mesh of approximately 40k nodes was created specific to the 

patient based on the MR scan and segmented into adipose and fibroglandular regions. 

Optical data was co-registered to the MRI using fiducial markers in line with the optical 

fibers and the data was calibrated absolutely versus the model. A hard priors approach 

was then used to reconstruct for oxygenated hemoglobin, deoxygenated hemoglobin, 

water and lipid fraction, scatter amplitude, and scatter power [11]. This volunteer showed 

total hemoglobin concentration of 18 µM in the adipose region and 22 µM in the 

glandular region with high oxygen saturation (74-86%) as well. Water content was higher 

in the glandular region while lipid content was higher in the adipose region. MRI image 
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quality was not affected by the optical image acquisition aside from a slight distortion of 

one breast from the optical fibers. The volunteer reported no discomfort due to the 

procedure. 

5.5 Patient Imaging 

The hybrid system was shipped to Xi’an, China in order to perform a clinical trial 

in collaboration Xijing Hospital.  The imaging protocol for human subject examination 

was approved by the Committee for the Protection of Human Subjects at Dartmouth-

Hitchcock Medical Center and at Xijing Hospital. There, MRI-guided near infrared 

spectroscopy using our hybrid system was delivered to 3 healthy volunteers and 61 

patients.  Out of the 61 patients, 44 patients went through surgical resection where 16 

patients were diagnosed as benign and 28 where diagnosed as malignant.   

Data analysis of the NIRS results are described in detail in Mastanudo et al.  Two 

representative cases are shown below for patient #46 showing a benign tumor (Figure 

5.5) and for patient #58 showing a malignant tumor as confirmed via biopsy (Figure 5.6).    
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Figure 5.5: a representative case of a NIRS imaging showing a benign tumor for patient 

#46. 
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Figure 5.6: a representative case of a NIRS imaging showing a malignant tumor for 

patient #58 as confirmed by biopsy. 

The plots in Figures 5.7 and 5.8 shows the chromophore values of the tumor and 

the normal tissue of patient #46 and patient #58 respectively.  Table 5.1 below shows the 

contrast of these chromophores (tumor chromophore concentration/normal tissue 

chromophore concentration).  HbT is simply the total hemoglobin defined as the 

concentrations of oxy-hemoglobin and deoxy-hemoglobin combined (HbT = HbO + Hb), 

oxygen saturation is defined as the ratio of deoxy-hemoglobin divided by the total 

hemoglobin concentration (StO2 = ), the tissue optical index is defined as TOI = 

∗
.   

 

Figure 5.7: Total concentrations of HbT, StO2, water, lipid, SA, SP, and TOI of NIRS 

results of patient #46. 
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Figure 5.8: Total concentrations of HbT, StO2, water, lipid, SA, SP, and TOI of NIRS 

results of patient #58. 

Chromophore HbT StO2 Water Lipid SA SP TOI 

Patient #46 
(benign) 

0.8 0.9 0.68 1.82 0.35 0.98 0.28 

Patient #58 

(Malignant) 

2.5 1.2 1.1 1.1 1.7 1 2.5 

   Table 5.1: Chromophore concentration of two representative cases of the breast cancer 

clinical trial. 

5.6 Discussion and Conclusion 

The hybrid frequency-domain continuous-wave system was validated using 

gelatin phantom experiments that were able to track the linear increase of blood inside a 2 

cm inclusion in a pentagonal phantom that is specific to our clinical NIR-MRI breast coil. 

We found that contrast recovery was slightly lower than expected, but this is a known 

problem in diffuse optical tomography, and likely due to crosstalk between absorption 

and scatter [95] [96].  We found that the system displayed linear contrast recovery over a 
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wide range of hemoglobin concentrations with stability in the background. Our system 

was most accurate through the lowest concentrations, which have contrasts similar to 

what we expect to see in malignant breast lesions [95].  Several healthy volunteers have 

been imaged using this system and reconstructed with results consistent with past work 

and literature values[97] [98] [99]. The presented case shows elevated hemoglobin, 

oxygen saturation, water, and scattering parameters in the glandular tissue likely due to 

the higher cellular metabolism in the more complex tissue. Lipid content was higher in 

adipose region, consistent with our expectations [100].  

Finally, the system was validated with cancer patients during a clinical trial that 

was performed in Xi’an, China.  The results were very promising and demonstrated the 

validity of the system.   
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CHAPTER SIX 

MRI Compatible Optical Detectors for In-Magnet Tissue Spectroscopy 

6.1 Introduction  

Magnetic Resonance Imaging (MRI) is used to image soft tissue structure, 

functional blood flow parameters and vascular leakage patterns in patients.  It has high 

sensitivity to malignancy but slightly lower specificity in the task of breast imaging [101].  

In recent years, there has been interest in additional ways to increase the specificity of the 

MR information by adding optical absorption and scattering spectroscopy to the scanner.  

This hybrid approach would be similar to the way PET has been added to CT scanners as 

an option, and now PET can be added to MRI systems[102]. In particular, the added-

value of optical spectroscopy would be in terms of the addition of hemoglobin, water and 

lipid  sensing, which is especially important to the understanding of newer biological 

therapies[103].  One of the major technical challenges in combining MRI with optical 

spectroscopy is signal detection over the very wide dynamic range which is required with 

a source-detection configuration that is compatible with routine clinical use[104, 105], 

and an optical system coupling which is not overly sensitive to the tissue boundary.  The 

challenge is made even more demanding by the intense magnetic field that exists as well 

as the electromagnetic interference that occurs from the radiofrequency (RF) pulses 

involved, such that special attention to system design is required in order to avoid 

performance degradation of either the MRI and Diffuse Optical tomography (DOT) 

imaging results.   

MRI-guided near-infrared spectroscopic tomography (NIRST) for breast imaging 

has been investigated in a few pilot trials, and appears to have potential value in terms of 
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increasing the specificity of characterizing lesions[105-107].  The conceptual framework 

for the breast exam would be to deploy the standard MRI scan for its anatomic and blood 

flow leakage (dynamic contrast) images, which are then used as prior information for 

NIRST quantification of total hemoglobin, oxygen saturation, water and lipid 

content[107]. Simultaneous MRI/DOT measurements enable data sets to be directly 

coregistered and analyzed, and is technologically similar to designs of fNIRS studies 

which use multiple source-detector fibers placed on tissue in the scanner[108, 109]. 

Essentially all of the MR-compatible systems developed to date have relied on optical 

spectroscopy interfaces which use long fiber optic cables, similar to the system described 

in the previous chapter, to carry the light signal to and from the tissue of interest.  Due to 

their bulk size, fragility, weight, and cost, the use of long fiber optic cables present a 

subtle but important impediment to a system design that is clinically practical.  

In fact, the main disadvantage of the system described in the previous chapter is 

the lack of full breast coverage due to the nature of the fiber optic cable bundle.  

Complete breast coverage is essential since it is not feasible to image lesions outside the 

volume of projections of the measurements[110]. The breast interface described in the 

previous chapter, however, has 16 fiber optic cable bundles which are used to image a 

single plane of the breast as shown in figure 6.1.   
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Figure 6.1:  Images of 3 breast lesion cases are shown, with DCE-MRI scans shown as 

maximum intensity projection (MIP) images in the top row, and the overlay of the light 

sensitivity patterns in the bottom row for each corresponding case, along with the 

suspected lesion shown segmented in blue.  If placement of the fibers is ideal ,then there 

is good overlap over the lesion  as shown in the two left cases, however the right case is 

an example of nearly no overlap for NIRS with the tumor.  

Size and cost of the fiber optic cable bundles impose restrictions on the number of 

fibers that can be used.  Aside from the cost factor, appending additional fiber optical 

cables creates a very large interface making handling and system set-up more challenging.  

While previous studies have examined ways to translate a single set of fibers along the 

breast in a parallel plate fashion [111], this process is not ideal, as it still requires the set 

of fibers, but also requires an extended compression of the breast in the MRI, which is 

thought to be undesirable for both comfort and blood flow concerns.   Having numerous 

large fiber optics cables in multiple plans would also be unappealing from a workflow 

function perspective in the MRI suite.  This is true even for our 16 fiber bundles where 

one patient decided against examination due to the discomfort brought by the large fiber 
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bundles that are connected to the breast interface.  Taken together, these issues demanded 

us to consider a different design approach to NIRS measurement.   

6.2 Solid State Detector System Design Approach 

A technological solution which would place sources and detectors directly on the 

tissue and utilize electrical (rather than optical) signal transfer through MRI compatible 

wires would be more desirable from a clinical perspective.  One approach is to place 

detector modules directly inside the MRI, such  as those built  for the existing hybrid 

PET-MRI systems, which are not clinically available [112] [113] [114].  These detector 

modules include the light sensitive detector after the scintillator, as well as the associated 

front-end electronics for detector control and output signal amplification and shaping.  

However, due to the limited space of the MRI bore and the accompanying large size of 

detector modules, this approach is not ideal for building a system that has a large number 

of detectors for full breast coverage.  

A slight modification to the approach above is to only place the detector inside the 

MRI while keeping the front-end electronics outside the MRI.  This approach will simply 

tether the detector to the electronics via long electrical cables that will transmit the 

detector readout signal to the electronics located outside the MRI.  The frontend 

electronics are necessary for the operation of these detectors.  For example, as discussed 

in Chapter 2, the gain of a photodiode detector is one as it does not offer a way of 

multiplying the generated charge carriers.  In order to fully exploit the sensitivity of a 

photodiode, it must be connected to an amplifier circuit that is optimally designed to 

amplify the generated current.  Highly sensitive detectors, such as those used for low 

light level detection, require electronics to be as close as possible to the detectors in order 
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to avoid any degradation of signal-to-noise ratio [115].  While tethering of the electronics 

to the detectors via long electrical cables may be unorthodox and cause degradation of the 

signal-to-noise ratio, this approach enables the design of a system with a large number of 

detectors yet with a small overall footprint while keeping the system design simple and 

modular.  Therefore, this approach was tested to determine the effect of tethering on the 

signal-to-noise ratio. 

6.3 Detector Choice 

The intense magnetic field inside an MRI machine presents a challenge to the 

type of detector and/or electronics that may safely be allowed inside the MR bore.  

Typical human MRI magnets range from 1.5 to 7 Tesla, with most research based 

systems for breast imaging now being 3T.  The choices of detectors is then governed by 

this, and specifically, ferrous-based materials such as iron, cobalt, nickel alloys, and most 

stainless steel materials are not compatible with these environments.  Aside from causing 

image artifacts, these materials can be pulled toward the magnet source even at modest 

concentration, causing mechanical damage and/or harm to patients and staff.  However 

today many solid state detectors have an active area which is largely silicon based and 

can be developed with non-ferrous leads.   

In this development,  vacuum-tube based sensors such as PMTs were eliminated 

from the choices, as the altered path of the generated charge carriers inside of the dynode 

chain eliminates the detector’s function [116].  Instead, solid state semiconductor photon 

detectors are inherently MRI compatible and are the ideal choice [117].  The range of 

reasonable options includes 1) photodiodes (PDs), 2) avalanche photodiodes (APDs), 3) 
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charged coupled devices (CCDs), 4) single photon avalanche photodiodes (SPADs), and 

5) silicon photo-multipliers (SiPMs).   

The challenge with these types of detectors is their packaging, frontend 

electronics, and module housing – all of which is not usually MRI compatible. Electronic 

and amplifier circuits are typically made of silicon, iron, nickel and cobalt which are 

attached to the main body of the chip via silver-brazing.  Frontend electronics is not a 

concern since the approach used here was to place the electronics far away from the MRI 

bore.  Detector packaging, however, may be custom ordered or machined to maintain 

MRI compatibility.  Since the goal here was  a configuration with detectors placed inside 

the MRI and amplifier electronics placed outside the MRI, it was possible to eliminate 

CCD and SPAD detectors, leaving PDs , APD’s, and SiPMs as the only viable options. 

Using the equations from Appendix D regarding the signal to noise and NEP 

calculations for photodiodes and avalanche photodiodes, one can calculate the NEP for 

PD and APD detectors.  The table below compares a PD and an APD with similar size.  

A bandwidth of 100 Hz was used along with a feedback resistor of 1 G, amplifier bias 

current of 1 pA and an amplifier input noise voltage of 15nV/Hz1/2.  

Parameter Si Diode #1 Si APD 

Sensitivty (S) 0.6 A/W @ 960 nm 30 A/W @ 960 nm

Dark Current (Idark) 10 pA 1 nA 

Shunt Resistance (Rsh) 1 GΩ N/A 

Shunt Capactiance (Csh) 65 pF 40 pF 

Exceses Noise Factor (ENF) 1 3.7 

Gain (M) 1 60 
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NEP Detector 7x10-14 Wrms 8.6x10-14 Wrms 

NEP Detector + Amp 1x10-13 Wrms 8.6x10-14 Wrms 

Table 6.1: Showing some of the key available specification parameters for the two 

detectors, a silicon photodiode and avalanche photodiode related to sensitivity of 

detection. 

If one where to make a choice on the basis of NEP due to the combination of the 

detector and amplifier circuitry combined, one may consider the APD to be the ideal 

choice.  However, as discussed in Appendix D, the APD requires a high-voltage ultra-

stable power supply in order to bias the detector.  Furthermore, the APD is very 

temperature sensitive.  APD’s also have a lower dynamic range compared to photodiodes 

and they cost much more.  In fact, excluding the noise due to amplifiers, the NEP of 

photodiodes is slightly better than that of APDs due to the excess noise factor associated 

with APD detectors.   If one were to include all these factors, a photodiode becomes the 

only clear option.  Therefore, most work performed in this testing was with photodiodes 

and silicon photomultiplier detectors. 

The aim of this chapter is to report on the performance of these two options MRI 

compatible detectors: PDs and SiPMs, when placed inside the scanner bore, while being 

connected via a long electrical cable to frontend electronics located outside the MRI 

room.  Both detectors, which offer a compact form factor with high dynamic range, were 

directly compared with optimized amplifier designs, and their performance for tissue 

spectroscopy was compared.  The usable dynamic range of these detectors was measured 

while they were tethered to an optimized amplifier circuit at the distal end of a 

transmission line.  The effect of the long separation between the detector and frontend 

electronics was evaluated by comparing the dynamic range of the detectors when 
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connected directly to the frontend electronics relative to when connected through a long 

electrical cable.  Phantom experiments were also performed in order to evaluate the 

performance of the detectors inside the MRI more fully. 

6.3.1 Detector’s Amplifier Circuitry 

Both detector types, the photodiode and the silicon photomultiplier, are silicon-

based semiconductor detectors that generate a photocurrent as they are illuminated.  Both 

detectors require an external amplifier to obtain the maximum signal to noise ratio and 

reach the highest sensitivity limits.  As explained in Appending D, a SiPM requires 

reverse biasing in order to operate.  A photodiode, on the other hand, can be zero 

(forward) biased or reverse biased with each configuration yielding different advantages 

as will be explained below.  In order to maximize the signal to noise ratio and obtain the 

highest sensitivity, a transimpedance amplifier (TIA) was used to amplify the detectors 

output.   

A transimpedance amplifier is an amplifier configuration that is used to translate a 

current output signal into a voltage signal.  This amplifier type is essential for circuits and 

instruments that can only accept a voltage input and must generate a voltage signal as an 

output.   

A TIA can be built in several configurations and each configuration is marked by 

its own set of tradeoffs.  Figure 6.2 shows the basic circuit where the gain is controlled by 

the feedback resistor, Rf. 
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Figure 6.2 Basic simple TIA circuit for the two detectors, based upon a single 

amplification stage. 

By connecting the photodiode as shown in figure 6.2(a), the photodiode operates 

in the photovoltaic mode.  In this configuration, points A and B are forced to the same 

potential (0V) by the operational amplifier forcing the photodiode to be zero biased and 

thus, eliminating the possibility of dark current.  In reality, however, the dark current 

does not completely disappear as the amplifier’s input offset voltage will result in small 

error across the photodiode’s terminals.  This issue can be partially solved by selecting an 

amplifier with a very low input offset voltage.   

By connecting the photodiode as shown in Figure 6.2(b), the photodiode operates 

in the photoconductive mode.  In this mode, the photodiode is reversed biased via the 

voltage –V.  This mode improves the bandwidth by lowering the junction capacitance of 
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the photodiode as explained in chapter XYZ.  In both biasing schemes, the bandwidth of 

the setup can be calculated using:  

3 	
	 	 	
4 ∗ ∗ 	

 

, where the amplifier gain bandwidth product is usually specified for a detector, Rf is the 

feedback resistance and Cd is the sum of the junction capacitance and the amplifier 

(common-mode + differential input) capacitance.  

In the above circuit, Cf is used to prevent gain peaking of the amplifier.  At low 

frequencies, the TIA inverting input is forced to be at the ground potential (point A = 

point B) and the current flows through Rf.  At higher frequencies, the capacitor will 

affect the circuit response.  A capacitor is necessary to prevent peaking of the amplifier.  

Selecting a large capacitor value results in better stability at the expense of al lower 

signal bandwidth.  However, in this project, bandwidth is not critical as the photodiode is 

detecting light from a continuous-wave laser source operating at 0 or low frequency (<1 

KHz).  A low frequency modulation is possible, and even recommended in order to 

increase the signal-to-noise ratio as long as the modulation frequency is much lower than 

the 3dB cutoff frequency of the photodiode circuit.  Modulation at frequencies higher 

than the 3dB cutoff frequency causes the amplifier to oscillate which may damage the 

amplifier and/or lead to wrong results.   

 

Ideally, all the photodiode current flows through the feedback network.  However, 

in reality, all op amps have input bias current that introduces error to the output.  
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Therefore, it is critical to choose an op amp with the lowest values possible for bias 

current and input offset voltage. The output voltage signal in the configuration above is 

simply: VOUT = IPhotodiodeRF 

Dark current in a photodiode arises when the photodiode is reverse biased 

(voltage is applied across the photodiode).  This dark current approximately doubles for 

every 100C increase in temperature [118].   

Operating in the photoconductive mode allows for higher speed operations 

compared to photovoltaic mode.  However, even at such higher speeds, the photodiode 

bandwidth remains much lower than the bandwidth required for frequency domain DOT 

measurements (≤ 50MHz).  Also, with photoconductive mode, the dark noise becomes a 

big factor in decreasing the sensitivity of the photodiode.  There is an additional 

advantage to operating in the photoconductive mode.  Applying a reverse voltage is 

sometimes effective in enhancing the upper limit of linearity as shown in Figure 6.3.  

 

Figure 6.3 Output Current vs. illuminance for different reverse voltage values, illustrating 

the higher VR can lead to higher dynamic range. [37] 
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 The lower limit of the linearity of a photodiode is 

determined by the noise equivalent power (NEP) while the upper limit depends on the 

load resistance, reverse voltage, etc., and is given by the equation [37]: 

	
∗	

 

, where  

Psat = the input energy at the upper limit of linearity in Watts (Psat ≤ 10mW) 

VBi  = the contact voltage [V] (~0.2 to 0.3V) 

VR  = the reverse voltage [V] 

RL  = the load resistance [Ω] 

S�  = the photo sensitivity at wavelength � [A/W] 

Rs  = the photodiode series resistance [Ω] 

However, NIRS applications suffer from lack of photons and require higher 

sensitivity for low light level detection. Since sensitivity is critical in NIRS, the 

photodiode was configured in a photovoltaic operation with zero bias, in order to 

minimize the noise and increase the sensitivity of the photodiode configuration.  The 

SiPM detector, on the other hand, was operated in reverse bias configuration due to the 

working mechanism of the SiPM detectors.  

 The dynamic range of SiPM and PD detectors was measured while the detectors 

were placed inside the bore of the MRI magnet and the preamplifier circuitry was placed 

outside the MRI room.  An eight meter cable was used to connect the detectors to the 

preamplifiers through a conduit in the MRI room wall. The detector was placed inside a 

light-tight box which had a small window that enabled the laser light to enter.  A fiber 

optic cable was used to deliver the laser light to the detectors inside the MRI bore.  The 
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detectors were evaluated using 661 and 948nm CW laser wavelengths.  Different neutral 

density filters were placed in front of the laser source in order to attenuate the laser light.  

The detector output at each filter setting was recorded with a 16-bit 100KS/s PCI-6031E 

(National Instruments) data acquisition card.  A schematic of the setup is shown in Fig. 

6.4(a). 

 

Figure 6.4: Illustration of the source-detector electronics with coupling into the MRI (a).  

Electrical schematics of the optimized amplifier circuits used at the distal end of the 

cables to the SiPM (b) and PD (c) detectors are shown. 

The SiPM detector used in this study was a 3 x 3 mm2 sensor from AdvansID 

(ASD-RGB3S-P-50) with 3600 cells and a cell size of 50 x 50 µm2 with a 45% fill factor.  

The detector package was plastic with no ferromagnetic parts ensuring that the detector 

was MRI compatible. The SiPM detector was mounted on a surface-mount (SMT) to pin 
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converter socket (ASD-EP-S-3) to simplify prototyping.  The photodiode detector was a 

PIN type photodiode from Hamamatsu Inc. (S5107-1369) with a 10 x 10 mm2 active area.  

The detector was a surface mount type placed on a ceramic package and custom ordered 

through Hamamatsu Inc. to ensure MRI compatibility.  

The SiPM detector was connected as shown in Fig. X.4(b).  A variable power 

supply was used to bias the SiPM detector through a 100 Ω resistor at several bias 

voltages: 28 to 30.5V in 0.5V increments.  A dual supply ultralow distortion, ultralow 

noise operational amplifier (AD797) was used in the inverting configuration to convert 

the detector current into an amplified voltage signal which was measured by the data 

acquisition board.  The AD797 has a bias current of 250pA, very low noise of 0.9nV, low 

offset voltage of 80 µV, a dual supply operating range from ±5V to ±15V, and a gain 

bandwidth product of 110MHz.  The length of the wire (cable) between the SiPM (inside 

MRI magnet) and other electronics (in MRI console room) was 8 meters.  

The photodiode detector was operated in a zero bias configuration for excellent 

linearity and low dark current as shown in Fig. X.4(c).  The amplifier chosen for this task 

is the OPA827; a JFET operational transimpedance amplifier with a low bias current of 

3pA, very low noise of 250nVpp, low offset voltage of 150 µV, a dual supply operating 

range from ±4V to ±18V, and a gain bandwidth product of 22MHz.  The amplifier does 

not require symmetrical power supplies as it only requires a minimum supply voltage of 

8V, thus, increasing the performance of the amplifier against fluctuations and spikes due 

to the power supply.  



121	
	

The gain of the amplifier circuit was set by using different feedback resistor 

values: 10K, 100K, 1M, 10M, 100M, and 1GΩ.  The laser power was measured via a 

calibrated Hamamatsu power meter. 

6.3.2 Dynamic Range 

The dynamic range as a function of incident light power for the SiPM is shown in 

Fig. x.5(a).  The blue markers represent the 661nm laser light while the red markers 

represent the 948nm counterpart. Three different bias voltages are shown: 28 (triangles), 

28.5 (circles), and 30.5 V (squares).  These results were obtained by placing the detector 

inside the MR and connecting it to the preamplifier circuitry outside the MRI room using 

the 8 meter electrical cable.  Depending on the bias voltage, the dynamic range extended 

from ~ 10 pW to ~ 100 µW.  The results for measuring the dynamic range of the detector 

when connected directly to the operational amplifier were identical to the results using 

the long cable.  The cable length between the detector and the preamplifier did not affect 

the sensor sensitivity or its dynamic range. 
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Figure 6.5 In (a) the responsivity of the SiPM detector connected via a long cable is 

shown at different amplifications from bias voltages.  The low, medium and high 

amplification values correspond to bias values of 28V (triangles), 28.5V (circles), and 

30.5V (squares).  The solid (blue) symbols denote the 661nm wavelength response while 

the open (red) denote 948nm.  In (b) the response of the PD detector is shown using 

different amplifications, by varying the feedback resistance.  Low gain was produced 

with feedback of 100K Ω (circles) and high gain at a feedback of 100M Ω (squares). 

The dynamic range for the photodiode detector is shown in Fig. 6.5(b) where the 

PD was located inside the MRI scanner and was tethered to the amplifier circuitry outside 

the MRI room using the long electrical cable.  Two wavelengths are shown: 661 (blue) 

and 948 nm (red). The dynamic range of the setup depends on the gain of the amplifier 
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circuit and extends from ~ 1 pW to ~ 100 µW.    The circles in Fig. X.5(b) represent a 

feedback resistor gain of 100K Ω while the squares show data for a feedback resistor gain 

of 100M Ω.  The dynamic range results of the detectors tethered via the 8 m cable 

matches the results of the detector directly coupled to the amplifiers for all feedback 

resistor gain values up to 100M Ω. 

6.3.3 Phantom Testing 

A rectangular silicon phantom was used to simulate a breast optical tomography 

experiment.  The laser light was incident on the bottom surface of the phantom and the 

photon detectors were placed one-at-a time on the top surface of the silicon phantom at 

nine different source-to-detector distances.  We also used our existing PMT-based MR-

compatible imaging system, which uses 12 m fiber optic cables to carry the light signal 

from the phantom to the detector, in order to evaluate and compare the results of the solid 

state detectors to those of the PMT.  The phantom experiment was carried out with two 

different laser wavelengths – 661nm and 948 nm – in order to study the effect of the 

longer wavelengths on the photon detectors.  The results using the PD, SiPM and PMT 

detectors for 661 nm laser light are shown in Fig. X.6(a).  Fig. X.6(b) shows the 

attenuation of the 948 nm laser light as a function of distance for the PD and SiPM 

detectors. 
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Figure 6.6 Tissue phantom measurements using the PD, SiPM, and a fiber-optic coupled 

PMT for the 661nm laser (a) and PD and SiPM for the 948nm laser (b).  Note the PMT 

used cannot detect light at 948nm, so was not included.  Photo (top) and MRI scan 

(bottom) of the detectors mounted on the silicon phantom is also shown (c). 

6.3.4. MRI Testing 

T1 and T2 MRI sequences of the silicon phantom were obtained with and without 

the detectors mounted in order to study the effect of the detectors on the quality of the 

MRI signal.  The phantom was placed inside a RF head coil in the MR room.  A T1 MRI 

sequence with detectors mounted on the phantom showed minor artifacts for the SiPM 

detector (SNR = 2.6 dB) compared to the PD (SNR = 3.4 dB) whereas a T2 sequence 

showed no obvious artifacts as shown in Fig. X.6(c). The detectors were also tested while 

concurrently performing a MRI scan, and the RF pulses generated during the scan 
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induced electromagnetic interference in the electrical cable leading to the preamplifier 

circuit which caused saturation of the output signal. 

6.4 Other detectors 

It is worth mentioning at this point other detectors that were evaluated while searching 

for the best detector.   Detectors from Hamamatsu and Excelitas were purchased and 

tested in a similar fashion to the detectors discussed in this chapter.  The table below 

provides a quick comparison of these detectors.  

Detector 
Type 

Manufacturer Size 
(mm2) 

Min 
Sensitivity 

Operate 
above 
900nm 

Price for 100 
pieces ($) 

SiPM AdvansID 3x3 10pW No 2,858 

SiPM Excelitas 6x6 1pW No 20,800 

SiPM Hamamatsu 3x3 10pW No 20,000 

PD Hamamatsu 10x10 1pW Yes 24,000 

PD Advanced 
Photonix 

8.8x9.8 10pW Yes 2,674 

Table 6.2 Photodetector evaluated 

Aside from the price difference, the Hamamatsu SiPM detectors tested were much 

noise than the Advanced Photonix counterpart. 
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6.5 Conclusion 

This study focused on the feasibility of using PDs and SiPMs inside the MRI bore 

for development of a hybrid MRI/DOT system that efficiently and cost-effectively covers 

the tissue of interest with an easily adaptable profile. Although the primary use of SiPM 

detectors has focused on photon burst counting in PET [119], the results indicate that 

these detectors are also suitable for light detection in the CW regime.   

As can be seen from Fig. X.5(a), the SiPM dynamic range is controlled by the 

applied bias voltage, with internal gain increasing with the setting. Higher bias voltages 

result in an increase in dark current as indicated in Fig. X.5(a) with a bias of 30.5V.  Also, 

Fig. X.6(a) shows the response of the SiPM to two different laser wavelengths, 

confirming that it is less sensitive to longer wavelengths.  This outcome agrees with the 

photon detection efficiency (PDE) of the SiPM detector where, similarly to PMT 

detectors, the SiPM PDE drops off rapidly in the NIR wavelengths. This feature is 

unfortunate for applications where spectroscopy of water or lipids may be valuable.   

Cable length did not affect the sensitivity or dynamic range of the SiPM 

measurements which agrees with an earlier study by Kang et al. [119] investigating the 

photon counting behavior (energy resolution and timing) of the detector.  This 

insensitivity to cable length can be explained, in part, by the operational behavior of the 

SiPM detector in which each photon generates an avalanche of electrons that can be 

easily identified and measured, and by the high impedance cables used.   

The dynamic range of the PDs depends on the feedback resistor value, and as can 

be seen in Fig. X.6(b), extends from ~ 1 pW up to ~100 µW.  Furthermore, connecting 

the photodiode directly to the preamplifier circuitry produced results that were the same 
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as those obtained when using the long cable to connect the detector to the amplifier.  

Feedback resistor values greater than 100M Ω resulted in saturation of the circuit due to 

line voltage AC noise, and could possibly be limited by further pre-filtering.  The AC 

noise was apparent with all feedback resistor values greater than 10M Ω but dominated 

the measurements for resistor values greater than 100M Ω.  For resistor values between 

10M Ω and 100M Ω, the average DC value was linearly correlated with the light signal 

despite the presence of a strong AC signal. Although higher feedback resistor values 

would yield better sensitivity below 1 pW, large gains would not be functional for long 

separations between the detector unit and the preamplifier circuit.  This problem was not 

evident with the SiPM detector since the feedback gain resistor was much lower (100K 

Ω). 

T1 and T2 images with the detectors mounted on a silicon phantom were acquired 

to observe their effects on MRI image quality.  The T1 scan showed negligible artifacts 

when the SiPM detector was present whereas a T2 scan showed no artifacts as indicated 

in Fig. X.6(c).  However, the artifacts observed are attributed to the SiPM socket into 

which the detector was mounted. The detectors were also operated concurrently with the 

MR scan, and the resulting RF pulses were picked up by the long cable and amplified 

causing preamplifier saturation during the RF pulse generation.  Synchronization of the 

optical acquisition to activate the detectors between the RF-pulses generated during an 

MRI scan would be possible in order to avoid signal saturation. Another possibility is to 

properly shield the cables in order to minimize interference.  

Finally, the response of the detectors for light traveling through a tissue 

mimicking silicon phantom yielded the same behavior for the 661 nm laser light.  For 
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comparison, we acquired data with our current MR-compatible system which uses long 

fiber optic cables and PMT detectors in order to validate and compare the results for all 

detectors.  Since the PMT response drops off rapidly for wavelengths longer than 850nm, 

only the 661 nm laser data was evaluated in this comparison.  As shown in Fig. 6.6(a), 

the three detectors have essentially an identical response. At 948 nm, however, the data in 

Fig. 6.6(b) indicates that the PD provides greater sensitivity which was also evident from 

the dynamic range results presented in Fig. 6.5(b).  

An advantage of the PD is its higher sensitivity at longer wavelengths which is 

ideal for recovery of water and lipids with DOT, since the spectral features of these 

absorbers are more prominent at longer wavelengths. However, the SiPM has better 

response time allowing laser modulation for frequencies up to 10MHz compared to 

around 1Mz for the PIN type PD.  In either case, the detectors would not allow frequency 

domain NIRST techniques since modulation frequencies greater than 50 MHz are 

required. Frequency domain or time-resolved DOT techniques have some advantage over 

their CW counterparts because the data are able to separate the effects of the scattering 

and absorption of light in tissue.   

No cooling of the detectors was necessary and the circuits used to control and 

amplify the signals were simple and cost effective which would allow scale-up to large 

arrays of detectors.  The sensitivity limits of both detectors are essentially identical if one 

were to consider the size of each sensor.     
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CHAPTER SEVEN 

Design of a multichannel MRI compatible tomography system 

7.1 Introduction 

Diffuse optical tomography (DOT) is being investigated for a potential clinical 

and pre-clinical imaging tool for breast cancer characterization.  A number of hybrid 

systems have been developed that combine DOT with other imaging modalities including 

x-ray mammography [120], ultrasound [121] [122], and MRI [123] [124] where 

anatomical details are combined with the function information obtained from DOT.    

However, it is common in most of these systems that there is a limited data set, due to the 

small number of sources and detectors that can be placed on the surface of the tissue, and 

so this renders image reconstruction quality to be very limited in terms of spatial 

resolution and accuracy.  Furthermore, DOT imaging is limited by breast coverage issues, 

which means most systems only cover part of the breast, leaving out areas not imaged 

from the field of view.  Use of large detector arrays would improve the image 

reconstruction as well as the ability to provide more comprehensive 3D coverage if a 

creative way to cover the tissue was found. 

In order to obtain the largest data set possible, a large number of sources and 

detectors must be used for imaging.  This can present a problem if adding sources and 

detectors will drive the cost of the system beyond a reasonable level.  This is especially 

true for systems that use frequency-domain or time-domain techniques for DOT, where 

each channel is bulky and expensive.  The problem is complicated even further by the 

imaging speed; more sources and detectors require more imaging time.  Therefore, it is 
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essential to have a system that can acquire a large data set at fast imaging speeds yet is 

able to maintain a low cost to allow the system to be clinically practical. 

The problem becomes more complicated when coupled to a different modality, 

where both modalities need to be co-registered and ideally acquisition is simultaneous 

from both modalities, preserving the shape and geometry of the breast and simplifying 

the co-registration process.   

Simultaneous acquisition puts a burden on the type of DOT detectors used.  For 

example, MRI-coupled DOT will require detectors that have no crosstalk with the large 

magnetic field of the MRI, X-ray mammography coupled DOT will require detectors that 

are insensitive to the X-ray radiation, etc.  In this chapter, an MRI-coupled DOT 

prototype based on photodiode detectors which were evaluated in the previous chapter 

was designed and built.  The design and characterization of the 64-channel prototype is 

described in detail.  Finally, ink-based and blood-based phantom experiments were 

performed to test the system’s performance.      

7.2 System Design 

The 64-channel photodiode-based system consisted of photodiode detectors, 

programmable amplifiers, data-acquisition (DAQ) board, and shielded electrical cables.  

A description of each of the units follows.   

7.2.1 Detectors 

The previous chapter compared the setup of two MRI-compatible detectors: a 

photodiode and a silicon photomultiplier.  While both detectors have very similar 

characteristics, a major advantage of the photodiode detector is its higher sensitivity at 

longer wavelengths which is crucial for the recovery of water and lipid contents with 
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DOT, since the spectral features of these absorbers are more prominent at longer 

wavelengths.  Also, adding light sources at longer wavelengths would be a benefit in the 

ill-posed reconstruction problem, since this issue is complicated further by using steady-

state DOT rather than frequency or time-domain DOT techniques.   Therefore, 

photodiode detectors were chosen for the design of the in-magnet multichannel prototype.   

The photodiode in the previous chapter was a custom made variation of an 

already existing photodiode produced my Hamamatsu: S5107 shown in Figure 7.1.  The 

custom made version, S5107-1369, is a ferromagnetic-free design rendering the detector 

compatible with the MRI, as supplied by Hamamatsu.  Unfortunately the price of this 

custom detector was more than 10 times the price of the off-the-shelf version ($37 vs 

$416), prohibiting large purchases for a low-cost multichannel system.    

 

Figure 7.1: S5107 Hamamatsu Photodiode Detector is shown with design schematics of 

the packaging. 

Our major challenge was to ensure the detector chosen had no ferromagnetic parts.  

Depending on the manufacturing process, photodiode manufacturers do not explicitly 

state the types of materials used in the fabrication process.  Therefore several potential 

alternatives to the Hamamtsu detector were bought and tested.  The detectors bought 

either had glass packaging or no packaging at all.  After trying several different potential 



132	
	

detectors (PDB-C613-2-ND, PDB-C10-ND, 475-1429-ND, PDB-C156-ND), we found a 

Single-Element Silicon Pin Photodiode detector (PDB-V609-3) manufactured by API 

Advanced Photonix, Inc that meet the needs.  These are red-enhanced photodiodes that 

come in buss wire leads and without any packaging material.  The photodiode active area 

is 6 mm2 x 7 mm2 with a cut-off frequency of around 100 KHz and an NEP value of ~ 1 x 

10-13 W/Hz1/2.  The sole distributor of these detectors is Digi-key Corporation, and a 

photo of one of these photodiodes is shown in Figure 7.2.   

 

Figure 7.2: PDB-V609-3 Photodiode by API Advanced Photonics, Inc, along with 

package schematic at right. 

MRI images of both detectors were acquired using the four MRI sequences that 

are typically used during a breast MRI examination.  The detectors were mounted on top 

of a water-filled bottle that is routinely used for MRI calibration.  Figure 7.3 (a – d) 

shows 3D surface rendered images of the MRI results whereas Figure 7.3 (e – f) shows 

the coronal view.  These figures show that the API detector has less MRI artifacts as 

compared to the Hamamatsu detector.  Also, it is important to note that MRI 

compatibility does not always mean no presence of artifacts as can be explicitly shown in 

both figures.  Both detectors are MRI compatible, however, the MRI sequences that are 
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used in breast examination are sensitive to these detectors and do exhibit a slight artifacts, 

as is discussed later.  The depth of the artifacts seen here was 12 – 15 mm for the 

Hamamatsu detector and 6 – 9 mm for the API detector.    

            

             

Figure 7.3 (top row) 3D MRI surface rendered images of the API and Hamamatsu 

detectors using (a) thrive MRI sequence, (b) FFE MRI sequence, (c) T2 – TSE MRI 

sequence, (d) T1 – TSE MRI sequence, (bottom row) MRI coronal view of the API and 

Hamamatsu detectors using (e) thrive MRI sequence, (f) FFE MRI sequence, (g) T2 – 

TSE MRI sequence, (h) T1 – TSE (MRI sequence. 
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Finally, the Hamamatsu detector has an NEP value of ~ 1 x 10-14 W/Hz1/2while 

the API detector has an NEP value of ~ 1 x 10-13 W/Hz1/2.  The higher NEP value of the 

Hamamatsu detector is in part explained by the slightly bigger size of the detector 

compared to that of the API ((10 x 10 mm2 vs 6 x 7 mm2), which is therefore able to 

collect more light.  However, the NEP difference is not great one and similar results can 

be achieved with both detectors.  Thus, the API detector has the advantage of being 

cheaper and causes less image artifact on the MRI images yet has a sensitivity close to 

the Hamamatsu detector.  Therefore, we have chosen the API detector for building our 

multichannel prototype.  

7.2.2 Photodiode Circuit 

Photon detection in DOT experiments demand high performance detectors as 

tissue absorption may reduce optical signals by approximately 10-fold per centimeter of 

tissue for light in the red to near-infrared part of the spectrum.  The transmitted optical 

power through tissue in optical tomography depends on the tissue type, source strength, 

and source-detector separation and may range from milli-watts up to femto-watts giving a 

dynamic range of 1012.   

The NEP value of the chosen photodiode was 1 x 10-13 W/Hz1/2and thus, this 

detector is has a lower limit of detection of 0.1pW of input light after a half-second 

integration time.  However, as discussed in chapter 1, photodiodes offer no gain 

mechanism and one needs to amplify the output of the detector in order to be able to 

record the signal.  In the previous chapter, a transimpedance amplifier circuit was used to 

amplify the detector output where two different feedback resistors were used to maximize 

the dynamic range of the detector/amplifier combination: 100KΩ and 100MΩ.  The 100K 
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Ω enabled a dynamic range from ~ 1 nW to ~ 100 uW while the 100MΩ enabled a 

dynamic range from around 1 pW to 0.1 uW.  The full dynamic range of using these two 

feedback resistor values was 108 (160dB).   

Different feedback resistor values are needed to extend the photodiode acquisition 

dynamic range.  But since the same photodiode detector will experience light at different 

magnitudes, the feedback gain resistor could not be hard wired, and a programmable-gain 

TIA should be used that allows for different gains depending on the incident light level.  

There are two approaches that can be used for the design of a programmable TIA: 

1- the TIA can be followed by a programmable gain amplifier (PGA) stage as shown in in 

Figure 7.4 (a) or 2- the varying gain can be implemented directly from the TIA itself as 

shown in Figure 7.4 (b).   

 

Figure 7.4 (a) programmable gain functionality implemented using a dedicated 

programmable gain amplifier (PGA), (b) or by varying feedback network (Rf and Cf). 

Incorporating the PGA stage directly right after the TIA has the advantage of 

simplifying the TIA design.  This approach is necessary to optimize the performance of 

the analog-to-digital (ADC) converter that usually follows the PGA.  However, any noise 

generated by the TIA will also be amplified with the PGA.  On the other hand, 
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implementing the PGA directly from the TIA will increase the signal-to-noise ratio of the 

output signal by amplifying the signal from the detector directly.  Any noise generated by 

the TIA itself will not be amplified.   

The chosen design for our multichannel prototype is a combination of both types 

of amplifiers; a PGA was implemented directly on the TIA along with an additional PGA 

stage immediately after the photodiode TIA as shown in Figure 7.5. The PGA 

functionality on the TIA was implemented using a mechanical relay switch which 

alternated between the two feedback resistor values (100KΩ and 100MΩ).  The relay 

switched only between two feedback resistors where the feedback capacitor remained 

constant for both feedback gain values.   

 

Figure 7.5: Schematic diagram of the photodiode circuit showing implementation of the 

gain changing mechanism via the SPDT relays. 
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The PGA amplifier stage following the TIA was implemented using the data 

acquisition (DAQ) card (PCI-6031E) which contained an on-board programmable gain 

instrumentation amplifier referred to as NI-PGIA.  The NI-PGIA is a measurement and 

instrument class amplifier that guarantees minimum settling times at all gains.  It is used 

to amplify an analog input signal to ensure that the maximum resolution of the analog-to-

digital converter (ADC) is used.  This amplifier delivers a 16-bit digital signal and can be 

programmed with a different polarity and range for each of the 64 analog input channels 

of the DAQ card.  Table 7.1 below shows the input ranges and polarities that may be used 

with the NI-PGIA. The amplifier had a 1nA bias current and 2nA offset current.  

(Software selectable per channel) 

Analog Input Range Gain Polarity Precision (µV) 
0 to +10V 1 Unipolar 153 
0 to +5V 2 76.3 
0 to +2V 5 30.5 
0 to +1V 10 15.3 
0 to +500mV 20 7.63 
0 to +200mV 50 3.05 
0 to +100mV 100 1.53 
-10 to +10V 1 Bipolar 305 
-5 to +5V 2 153 
-2 to +2V 5 61 
-1 to +1V 10 30.5 
-500 to +500mV 20 15.3 
-200 to +200mV 50 6.1 
-100 to +100mV 100 3.05 

Table 7.1: Polarity and input ranges of the signals that can be used with the NI-PGIA of 

the PCI-6031E data acquisition card 

 A current-to-voltage transimpedance amplifier is extremely sensitive to external 

electrostatic and RF noise due to its very high resistance.  Shielding and careful attention 

to ground is very important for applications requiring high sensitivity.  The 
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transimpedance circuit shown in the previous chapter works well but was found to be 

sensitive to the 60 Hz ac signal caused by the power lines.  The output of the circuit at 

high gain is shown in Figure 7.6 (a).  The figure shows that the output of the circuit is 

saturated due to the sinusoidal AC signal.  However, the circuit continued to work well 

for low light level signals and maintained linearity up to 1pW of DC light power.  This 

was achieved by simply averaging the output despite saturation.   

 In order to protect the amplifier from saturation and extend its life further, a new 

design was used that exploits the differential input capability of the operational amplifier 

and reduces external noise caused by power line interference.  Since the photodiode 

produces a signal in terms of current, the output current is available at both terminals of 

the sensor and can drive both inputs of the amplifier.  By driving both inputs of the 

amplifier, external noise sources appear on both terminals of the amplifier.  Since an 

amplifier functions by maintaining the same signal at both terminals, the noise will 

therefore effectively be eliminated.    

The final design of the transimpedance amplifier circuit, shown in Figure 7.5 

connects the cathode of the photodiode to the positive terminal of the amplifier as 

opposed to being connected directly to ground.  The output of the circuit at high gain 

setting is shown in Figure 7.6 (b).  The 60 Hz still exists but does not cause saturation of 

the amplifier circuit.  Averaging the DC signal of the output continues to reflect an 

accurate reading of the input light signal.  
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Figure 7.6 (a) Saturation of photodiode output at high gain setting sue to the 60 Hz 

frequency signal caused by power line interference for the photodiode circuit shown in 

Figure 6.2, (b) Photodiode output at high gain setting for the same input signal but for the 

modified circuit shown in Figure 7.5. 

Finally, the need for dual relays for each photodiode was evaluated by testing the 

circuit with only the main feedback resistor relay and using a constant resistor connected 

to the positive terminal as shown in Figure 7.7 (a), and then by using dual relays as 

shown in Figure 7.7 (b).  The output of both circuits as a function of incident light power 

is shown in Figure 7.8.  Light was incident on the photodiode where natural density 



140	
	

filters were used to attenuate the light level.  As can be seen from figure 7.7, using dual 

relays enables a greater dynamic range than using a single relay alone.   

 

Figure 7.7:  The design is shown for varying the gain of the photodiode transimpedance 

amplifier circuit using a single relay (a) and dual relays (b). 
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Figure 7.8: Photodiode performance characteristic is shown for a single relay (orange) 

and a dual relay (blue) configuration. 

7.2.3 PCB Design 

The prototype was designed to accommodate 64 photodiodes per layout.  Four-

layer printed circuit boards (PCB) were designed using CadSfot Eagle PCB Design 

software to build the prototype, which holds all the electronics needed to interface to the 

photodiodes including amplification and multiplexing circuitry.   

A simple multiplexer circuit was designed and built in order to expand the 

number of digital outputs of the data acquisition card.  The data acquisition card used was 

a National Instruments PCI-6031E which had 64 analog inputs and 8 digital 

inputs/outputs channels.  Since each photodiode requires a digital signal to control the 

relays and thus the gain of each detector, 64 digital outputs are needed for the prototype.  

Therefore, the multiplexer circuit expanded the 8 digital output channels of the DAQ card 

to 64 digital outputs.   

The 8-to-64 output multiplexer functionality was implemented using a 4-of-16 

decoder (74L) and 16 D-type edge-triggered flip-flops (74LS374).  The schematic of the 

circuit is shown in figure 7.9.  Each flip-flop controlled 4 relays where each relay 

controlled the gain of a photodiode detector.   As can be seen from Figure 7.9, the 8 

available digital outputs from the DAQ device (D0 though D7) were routed such that 4 

outputs were connected directly to the 4-of-16 decoder chip and the other 4 outputs where 

shared among the 16 flip-flops.   
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Figure 7.9: The schematic of the digital multiplexer circuitry used to expand the number 

of available outputs is shown, as needed to control the 64 photodiode relays. 

The resulting 64 digital outputs each controlled the dual relays for each of the 

photodiode circuits.  The relays were wired such that the photodiode circuit is set to low 

gain at default.  When a digital high is applied to the relay through the multiplexer circuit, 

the relay switches to the 100 MΩ resistor thus setting the circuit for high gain acquisition.   

The other circuit needed for completing the prototype PCB was the amplifier 

circuitry that was used to amplify the photodiodes outputs.  In order to simplify 

prototyping, the 64 amplifier circuits were divided into 4 identical boards each with 16 

Data	Lines	 Address	Lines	
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amplifier circuitry.  The finished results of the amplifier circuitry along with the 

multiplexer circuitry is shown in Figure 7.10. The multiplexer board shown enables a 

direct connection from the DAQ board to the multichannel system using the DAQ cable.   

 

Figure 7.10: A photograph of the final electronic prototype is shown, as used to interface 

to the photodiode detectors via the ribbon cable (lower left), and coupling to the DAQ 

card (upper left). 

7.2.4 Phantom Interface 

An interface that secures the tissue phantom and detectors was designed using 

Solidworks and 3D printed.  The interface, shown in Figure 7.11, secures a phantom with 

a diameter of 87 mm and enables simultaneous acquisition of 4 planes separated by 1 cm.  

Multiplexer	

Amplifier	Boards	

Cable	to	DAQ	
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Each plane accommodates 4 sources and 12 detectors.  The sources were delivered via 

fiber optic bundle cables.  

 

Figure 7.11: Diagram of interface built using Solidworks and used for testing the new 

multiple-detector array.   

7.2.5 Photodiode packaging 

Photodiode packaging shown in Figure 7.12 (a) was custom designed using 

Solidworks and then built using a 3D printer.  The packaging is used to secure the 

detector for safe handling.  It also has a mechanism to attach the detector to the phantom 

interface.  The packaging was designed to snap into two different types of interfaces; the 

first type uses the hollows in the packaging to secure the packaging onto the interface as 

shown in Figure 7.12 (b).  The second type uses the wings of the photodiode packaging to 

snap into the interface type shown in Figure 7.12 (c).    
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Figure 7.12 (a) photodiode detector packaging, (b) and (c) are two types of interfaces that 

are used to hold the detectors into contact with phantoms. 

7.2.6 Calibration 

The goal of the calibration process is designed to produce the same amplitude 

response for equivalent light input across the entire dynamic range of the detectors.  It is 

an essential step that ensures proper function of the system.  All detectors were calibrated 

in a similar fashion to the PMT and PD detectors described in the hybrid system chapter 

(chapter 4) where light was incident at the center of a homogenous phantom for the 

Hollows	

Wings	
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purpose of distributing the light equally to all detectors.  The homogeneous gelatin 

phantom had a diameter of 87 mm and was made by mixing intralpid (5 ml), water 

(500ml), and agar (5g) and allowing the mixture to solidify. A calibration phantom holder 

shown in figure 7.13 (a) was designed using SolidWorks and built using a 3D printer.  

The phantom holder had a connector at the center that allowed a fiber optics cable to 

deliver the laser light to the center of the phantom.  Neutral density (ND) filters were 

used to attenuate the laser input.  The output of the photodiode detectors was recorded 

while varying the laser input using the ND filters.  Since the photodiodes can be operated 

at two different gain settings, the calibration was performed with both the high and the 

low gain settings.   

  

Figure 7.13: The calibration phantom holder is shown, as designed with a laser fiber at 

the center of the holder and one photodiode detector snapped into one of the available 

slots. 

Calibration was performed by placing 16 detectors at-a-time on the phantom 

holder and recoding their output while varying the laser input with the ND filters.  The 

process was repeated until the output of all detectors was recorded as a function of laser 
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power for the two different gain settings.   Figure 7.14 below shows an example of the 

linearity for one of the photodiodes (photodiode #2).   

 

Figure 7.14: The response of the low and high grain settings of the photodiode amplifier 

are shown, for calibrated input light powers.  Measureable signal was seen down to 1pW 

on the high gain, and 1 nM on the low gain. 

As can be seen from the figure, photodiodes exhibit a great linearity and a large 

dynamic range.  The dynamic range of the photodiode using the low gain setting (100 

KΩ) extends from ~ 1nW to ~100uW, whereas it extends from ~1pW to ~0.1uW using 

the high gain setting (100 MΩ).  The slope of the linear region of the two curves were 

recorded for each of the detectors in order to calibrate the response of each detector and 

convert a voltage output reading into an accurate light input power (values listed below).   

Calibration is an essential step that ensures proper function of the detectors.  

However, photodiodes are extremely robust detectors.  Since they are semiconductor 

based detector, they have the qualities of semiconductors which include long lifetimes, 

physical robustness, durability, low power requirements, easy to process, and, most 
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importantly, detectors made from the same wafers have identical behavior and properties.   

This can be clearly evident in Figure 7.15 below which shows the raw detector output 

voltage measured by the DAQ device (Figure 7.15 (a)) and the calibrated detector output 

(Figure 7.15 (b)) for a homogenous phantom experiment that is described in the next 

section.  As can be seen from the two figures, the results are identical and calibration 

could in fact be skipped all together.  In fact, the slope of the curves shown in Figure 7.14 

above was nearly identical for all detectors (0.99±0.01 for the low-gain setting and 

0.98±0.03 for the high-gain setting).  The greater error in the slope for the high gain 

setting is possibly due to differences in the variation in amplifier circuit electrical 

characteristics (amplifiers, resistors, capacitors, cable length, solder inconsistences, etc.).  

The normalized raw and calibrated outputs shown in figure 7.15 (c) demonstrate that 

inter-detector calibration may not be an essential part of data acquisition for photodiodes 

due to their nature.  This is a unique advantage compared to the hybrid system which 

required inter-detector calibration due to differences in the fiber optical cables used to 

carry the light signal to the PD/PMT detectors.   
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Figure 7.15 In (a) the calibrated output of a phantom experiment is shown, and (b) shows 

the raw output of the same phantom experiment, while (c) shows the normalized 

calibrated and raw output of the same phantom experiment, showing minimal need for 

calibration. 
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7.2.7 Cross talk 

Crosstalk was evaluated in order to determine erroneous output that may appear 

where a signal from one channel effects neighboring channels.  One detector was covered 

completely while a neighboring detector was subjected to the same calibration 

experiment as described previously.  The signal was recorded as a function of the 

incident laser power, and Figure 7.16 shows that despite being neighboring channels, 

there was no apparent cross talk between the two channels.   

 

Figure 7.16: The crosstalk behavior of two neighboring channels is shown, with signal 

recorded in the blue data, and crosstalk in the orange data shown, exhibiting minimal 

increase over the noise floor. 

7.2.8 Phantom Experiments 

Tissue mimicking phantoms with a diameter of 87 mm and a length 150 mm in 

length were used to test the system.  Two types of gelatin phantoms were used, with ink 

in one, and blood in the other, as absorbers.  With both types, a homogeneous and a 

heterogeneous phantom of each type was tested.  The homogenous type had no inclusions 

1.E‐05

1.E‐04

1.E‐03

1.E‐02

1.E‐01

1.E+00

1.E+01

1.E‐06 1.E‐04 1.E‐02 1.E+00 1.E+02

P
D
	O
u
tp
u
t	
(V
)

Light	Power	(uW)

Crosstalk
Channel	48

Channel	49



151	
	

whereas the heterogeneous type had an inclusion that was ~20mm in diameter which was 

filled with varying concentration of the same absorber as the background (ink for the ink 

phantom and blood for the blood phantom).  In order to simplify phantom preparation, a 

fixture was designed with Solidworks and built using a 3D printer, which enabled a 

simple way of creating an inclusion.  This piece, shown in Figure 7.17, enables an 

inclusion to be created with the same exact location with respect to the center of the 

phantom and exact size every time a phantom is created.   

 

Figure 7.17: Phantom and phantom inclusion molds as printed, allowing a hole to be 

created for an inclusion in the gelatin phantom. 

7.2.8.1 Ink Phantom Results 

A homogenous and a heterogeneous ink phantom was used to test the new system.  

The phantom was constructed by mixing 1000 ml of water, 10g of Agar, 50 ml of 20% 

Intralipid, and 8ml of 2% Ink, in order to generate an absorption coefficient of 

approximately 0.01mm-1.  The heterogeneous phantom had a 20 mm inclusion that was 

filled with an increasing concentration of ink ranging from 0 up to 5 times the ink 

concentration of the background.  Figure 7.18 shows an image of the phantom and 

embedded inclusion.  
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Figure 7.18 Image of phantom showing location of the inclusion as seen in the NIRFAST 

display. 

The phantom was placed in the phantom holder and the photodiodes were 

snapped into their designated areas in contact with the phantom.  A total of 48 detectors 

and 16 sources were used.  Figure 7.19 (a) below shows the phantom holder and the 

detectors.  The actual phantom used is displayed in Figure 7.19 (b) showing the inclusion.  

Figure 7.19 (c) is the mesh of the phantom showing the placement of sources and 

detectors.     
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Figure 7.19 (a) image of the phantom holder showing the detector array, (b) image of the 

phantom showing an empty inclusion (c) mesh of the phantom showing the location of 

sources and detectors around the phantom. 

As can been from the figure, all four source/detector planes intersect the inclusion.  

The inclusion was filled initially with a mixture of Intraplid and water so as to match the 

scattering properties of the background.  Then, ink was added to the mixture such that it 

would yield 1 up to 20 times the ink concentration of the background.  Nirfast was used 

to reconstruct the images of the phantom and inclusion at each concentration.  Figure 

7.20 shows the reconstructed ink concentration (
	 	

	 	
) for 0 up to 

20 x.  Contrast ratios from 1 to 5 are shown in the data in Figure 7.21, which is the linear 

recovery part of the data set.  Above the contrast level of 5, it is expected that diffusion-

based reconstruction cannot fully recover the true contrast, and biological contrast values 

are typically all well below a 5X contrast.  
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Figure 7.20 Reconstructed ink concentration of the phantom inclusion for a large range of 

contrasts recovered.  

 

Figure 7.21 Reconstructed ink concentration of the phantom inclusion from 1 up to 5 

times the background absorption value.  

A similar ink phantom experiment was performed but with an inclusion that 

extends to the middle of the phantom.  In this experiment, the inclusion intersected two 

out of the four source/detector planes as shown in Figure 7.22 (a).  The idea behind this 
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experiment was to confirm the need for enough sources and detectors to map the entire 

phantom/tissue.    

Reconstruction of the increasing ink concentration a similar behavior as the previous 

phantom.  The results for contrast ratio between 1 and 5 is shown in Figure 7.22 (b).  

   

Figure 7.22: (a) mesh of the phantom showing the inclusion along with the location of 

sources and detectors around the phantom.  This inclusion only intersected two out of the 

four source/detector planes used for data acquisition.  (b) Reconstructed ink concentration 

of the phantom inclusion up to 5 times the background absorption value. 

To demonstrate the importance of coverage, the data was reconstructed in 2 

dimensions for each plane of acquisition indecently ignoring the data from other planes.  

Figure 7.23 shows the 2D reconstruction of the four planes of acquisition.  As can be seen 

from the figure, the two planes that do not intersect the inclusion show no sensitivity to 

the increase of ink concentration inside the inclusion.  The second plane which barely 

intersect the inclusion also shows a much lower sensitivity compared to first plane which 

completely intersects the inclusion.  
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Figure 7.23 2D reconstruction of the four acquisition planes was done, and the recovered 

contrast is shown as a function of increasing input contrast in the inclusion. 

7.2.8.2 Blood Phantom Results 

Finally, a blood phantom was created in order to thoroughly assess the 

performance of the prototype by using 9 different laser wavelengths (661, 735, 785, 808, 

826, 849, 902, 912, and 948).  The bulk optical properties of the phantom were similar to 

those of breast tissue.  It was constructed using water, type 1 Agarose, 1% Intralipid, and 

whole porcine blood at a background concentration of 12uM.  The hematocrit level of the 

blood was measured by a Hemocue device to be 10 g/dL of the blood.  An inclusion was 

created in the phantom which was filled with varying concentrations of blood from 12µM 

up to 60 µM in 12 µM increments, in order to vary the absorption systematically.  After 

each concentration, the phantom was imaged with all 9-wavelengths.  The geometry of 

the phantom was identical to that of the ink phantom shown in Figure 7.18 and 7.19.   
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Images were reconstructed using Nirfast software to determine the accuracy in 

recovery of the blood concentration of each run as compared to the expected 

concentrations.  The final results are shown in Figure 7.24.   

 

Figure 7.24 Total blood concentration reconstruction of the phantom inclusion from 1 up 

to 5 times the background absorption value. 
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CHAPTER EIGHT 

Conclusion and Future Directions  

8.1 Completed Work 

This thesis focused on instrumentation of systems used in optical tomography.  

Detectors used in near-infrared optical tomography were discussed in chapter 2 along 

with their pros and cons.  A small animal imaging system was described in chapter 3 

along with the work needed to calibrate and characterize the system.  The time-correlated 

single photon counting (TCSPC)-based system demonstrated the complexity of time-

domain systems as well as the advantage and high level of information content that be 

acquired form such system provided that TPSF data sets are measured at high accuracy 

and resolution.   

Chapters 4 discussed a new hybrid system utilizing frequency-domain and 

continuous-wave measurements to image breast tissue using wavelengths ranging from 

661 up to 948nm.  The system improved data quality and accuracy in the recovery of the 

breast chromophores and was able to image phantoms/patients in ~12 minutes.  The 

results of phantom testing along with healthy volunteers were discussed in chapter 5.  

The system was also used in a breast cancer clinical trial at Xi’an, China were 61 patients 

were imaged.  The system demonstrated the advantage of combining MRI along with 

NIRS where the combined MRI/NIRS of MR-identified regions correlated to the histo-

pathological findings of that region.  The system also demonstrated that sensitivity of 

NIRS is greatly affected by breast coverage and that full breast coverage is essential for 

proper diagnosis.   



159	
	

In order to provide full breast coverage of NIRS, a technological solution which 

places sources and detectors directly on the tissue and utilizes electrical (rather than 

optical) signal transfer on MRI compatible wires was tested.  Two optical detectors, 

photodiodes and silicon photomultipliers, which can potentially be used inside the 

magnet of the MRI for breast tomography experiments were evaluated.  The dynamic 

range and sensitivity of both detectors was examined and yielded identical behavior.  

However, a major advantage of using photodiodes is their spectral responsivety which 

extends to 1100nm and is ideal for recovery of water and lipids with DOT, since the 

spectral features of these absorbers are more prominent at longer wavelengths.   

The results found from chapter 6 are used in the design and development of a new 

optical tomography prototype that places detectors directly on the breast tissue while the 

patient is in the MRI.  In chapter 7, a 64-channel photodiode prototype was designed and 

built that has the ability to cover the entire breast volume and perform NIRS scan while 

inside the MRI, thus, eliminating the use of bulky and expensive fiber optic cables used 

with the hybrid FD/CW system.   The system was cost effective and robust.  

Characterization of the prototype along with phantom experiments were also discussed in 

the same chapter.     

The prototype presented in the chapter 7 has shown a great potential for acquiring 

NIRS data when the patient is inside the MRI while providing full breast coverage.   

While the prototype works, there are few changes that can improve the prototype and 

prepare it for use in a clinical setting.  These improvements are discussed further in the 

next section.  

8.2 Future Directions 
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The prototype presented in the previous chapter has shown a great potential in 

providing near-infrared spectroscopic information that can be coupled to clinical MRI 

while providing full breast coverage.  Some changes which can improve the performance 

and aesthetics of the prototype as well as prepare it for use in a clinical settings are 

discussed next.   

8.2.1 EMI Interference 

One of the areas of improvements includes minimizing electromagnetic 

interference (EMI).  It is essential to minimize EMI due to the nature of the system and 

the sensitivity requirements of the electronics used in NIRS experiments.  One method of 

minimizing EMI is on the PCB board itself by placing the ground plane on the top and 

bottom layers of the printed circuit boards used to house electronics.  Housing the entire 

PCB in a protective aluminum case and connecting the PCB ground planes to this case 

turns the entire apparatus into a protective shield that will minimize EMI.   

One issue that was apparent with the previous prototype is the lack of a dedicated 

ground plane which caused some unwanted noise characteristics.  The signal ground for 

the electronic components in the previous prototype had a single copper trace that 

connected the ground of each component to the next as shown in Figure 8.1 (a).  The 

same is also true for the copper trace which provided power to the integrated chips.  The 

problem with this approach is that when a chip is activated, it will draw slightly more 

current from the power and ground terminals.  This, in process will slightly diminish the 

current going to the next chip.  The process repeats and will cause the ground of each 

chip to be at a slightly different ground.  This is known as virtual ground where even 
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though the chips are connected to the same ground trace, they are in fact at a different 

ground points compared to the true ground of the system.   

 

 

Figure 8.1: (a) An example of a single trace connecting different points on a circuit board 

(b) star connection implementation is shown where wires (black) shown in the figure are 

connected to IC circuits on one end and soldered together on the end 

In this prototype, this was solved by connecting the grounds together using 

external wires in what is called a star ground as shown in Figure 8.1 (b).  External wires 

were soldered to the ground of each integrate chip and then the other end of the wires 

where brought together to from a single junction which was soldered and connected to 

the true ground.   

While this method works, it is certainly aesthetically unprofessional.  Furthermore, 

this approach would have not worked for high frequency designs since adding such wires 

increases the impedance leading to undesired circuit characteristics.  The correct 

approach to solving this issue is by dedicating a full layer in the PCB to the ground and 

power signals 
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8.2.2 Cables 

In order to carry the signal from the photodiodes to the amplifier circuitry, 10 ft. 

flat ribbon-type cables were used to tether the detectors inside the MRI room to the 

electronics located outside the MRI room.  A PVC jacketed flat cable with expanded 

copper shielding was used for this purpose.   The cable had 36 conductor wires each with 

a wire gauge of 28 AWG.    

 

Figure 8.2: 3M™ Shielded/Jacketed, Flat Cable used to transport the photodiode signals 

to the amplifier circuitry outside the MRI room 

It is possible to use a cable with even a smaller gauge wires.  Using smaller wires 

will decrease the size of the cables used to carry the signals in and out of the MRI room 

and will make the design easier to transport and setup.   The original intent of the 

shielding was to protect against RF interference caused by AC power lines and RF 

interference caused by the MRI.  The AC interference was diminished by the new 

amplifier design which attenuated the power line frequency interference as was discussed 

in chapter 7.  However, the RF interference could not be eliminated.  While the cable was 

shielded and protected from external interference, the photodiodes placed inside the MRI 

bore were not shielded from this RF interference.  In fact, the RF at the MRI bore leaked 
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into the unshielded sections of the photodiode and solder joints which connected the 

photodiodes to the cable.  This RF interference is very difficult and may be impossible to 

shield against.  Therefore, it is possible and recommended to go with smaller wires in 

order to keep the system light, portable, and ready for clinical applications.   

8.2.3 Synchronizing MRI/NIRS Acquisition 

One of the draw backs of the current prototype is that we are unable to run both 

MRI and NIRS experiment simultaneously due to the RF interference caused by the MRI 

scan.  An MRI scan uses RF pulses to disturb the protons in tissue/phantoms that are 

aligned with the magnetic field in order to image these protons as they go back to their 

default state when the RF pulse is turned off.  These RF pulses are very strong in the 

center of the bore where the photodiodes are present and it is therefore extremely difficult 

to shield the detectors from the RF pulses.  Figure 8.3 shows an example of one of the 

photodiodes output during a simultaneous NIRS and MRI acquisitions.  The figure shows 

the effects of the RF pulses on the output of a photodiode set at high gain.    

 

Figure 8.3: An example of a photodiode output dominated by RF pulses of the MRI 

during a simultaneous MRI/NIRS acquisition 
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As can be seen from the figure, the signal appears to be dominated by spikes 

caused by the MRI RF pulses.  A potential solution to running both systems 

simultaneously is to synchronize the MRI scan with the NIRS acquisition such that the 

NIRS data is being acquired between the RF pulses.  Figure 8.4 below shows a 

photodiode output during a T1-TSE MRI sequence acquisition.  The figure on the right 

shows a zoomed in version of the T1 acquisition.  Individual RF pulses can be seen in 

this plot.  It can be seen that there are 5 to 20 ms intervals where there are no RF pulses 

present.  It is possible to synchronize the NIRS acquisition with RF pulses of the MRI in 

order to acquire both data sets simultaneously by acquiring data during such intervals.     

 

Figure 8.4:  An example of a photodiode output during a simultaneous MRI/NIRS 

acquisition showing intervals that can be used to collect NIRS data after the MRI RF 

pulses settle 

One advantage of the above approach is that we don’t need to physically wire or 

interface to the MRI system as these RF pulses can be simply read from our NIRS 
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prototype.  Therefore, this approach can work with any MRI without the need to build 

dedicated circuits that can explicitly read the RF pulses.   

The data shown above was taken when the photodiode was set to low gain setting 

which is able to acquire light input from 1 nw up to 0.1mW.  At high gain setting, the 

photodiode circuit response time is diminished by orders of magnitude and therefore 

would require more time until the effect of the MRI RF pulses are settled as can be 

shown from Figure 8.5.   

 

Figure 8.5: An example of a photodiode output under high gain setting during a 

simultaneous MRI/NIRS acquisition showing no intervals for acquitting NIRS data 

during MRI imaging 

In this setting, it is no longer possible to acquire MRI and NIRS data 

simultaneously.  In practice, however, during an MRI scan, there are several time instants 

where there are no RF pulses present such as the time when switching between different 

MRI sequences or at the beginning of each sequence where the system emits warm-up 

pulses as shown in Figure 8.6.   
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Figure 8.6: An example of a photodiode output under high gain setting during a 

simultaneous MRI/NIRS acquisition showing possible NIRS acquisition intervals during 

the beginning or an MRI sequence 

Therefore it is possible to run simultaneous MRI and NIRS acquisition provided 

that the NIRS data is acquired between RF pulses at low gain setting of the photodiode 

and during warm-up pulses or sequence changes for high gain setting of the photodiodes.  

Synchronization can be implemented using hardware triggering by simply connecting the 

output of one of the photodiodes to a DAQ board capable of hardware triggering and 

setting a simple threshold.   

8.2.4 Patient Interface 

Another area of improvement is the patient interface.  The patient interface used 

with the hybrid system which was discussed in chapter 5 worked very well.  The new 

pentagonal design enabled different breast sizes to be imaged.  However, since the 

interface only allows for a single plane of acquisition, the idea is to use the same working 

design but to redesign the interface to adapt to the new detectors as well as to enable 

sources and detector to be placed at multiple planes.  An example of the interface is 

shown in figure 8.7.  This interface was designed using Solidworks and 3D printed using 
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our 3D printing facility at Thayer.  The detectors were able to snap into the interface with 

ease.  The only draw back of the current design is that it uses large fiber optic cables to 

deliver the laser light which imposes a limit on the number of detectors that can be used.  

This particular interface allows for 3 planes of detectors and two planes of sources as can 

be seen giving a total of 30 detectors and 20 sources.  Using smaller fiber optic cables to 

deliver the light will enable additional detectors to be used.   

                      

               

Figure 8.7 Possible breast interface for full breast coverage based on previous breast 

interface design 

8.2.5 Simultaneous Breasts Acquisition 

The prototype showed a great potential to perform MRI-coupled NIRS acquisition 

at a very low cost of less than $50 per detection channel for a 64-channel system.  Due to 
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its low cost, it is possible to build a system to acquire NIRS images of both breasts 

simultaneously.  This has the advantage of being able to compare optical information 

from both breasts which can aid in distinguishing between a healthy and unhealthy 

breasts.   

8.2.6 Scattering and absorption information 

One of the draw backs of the current prototype is that it uses continuous-wave 

measurements only.  Using continuous-wave measurements alone may not provide full 

scattering and absorption information.  However, studies have demonstrated that CW 

methods with multiple wavelengths information may in fact have the potential to 

decouple scattering and absorption information and therefore, our 9-wavelgnth system 

may be able decouple these effects.   

Different possibilities exist in order to provide further decoupling of scattering 

and absorption.  For example, it may be possible to obtain such information directly from 

the MRI.  Another possible approach is to use fast detectors such as PMT detectors for 

frequency domain measurements which are able to separate the effects of scattering and 

absorption.  One can use a fiber optic cable approach that is similar to the hybrid system.  

Instead of using fiber optic cables, one can use fast PIN type photodiodes which may 

possibly be used inside the MRI bore similar to the way the PD prototype works.   The 

disadvantage of such approach is that PIN type photodiode detectors that can record FD 

type measurements are usually small in size (<5mm2).  This approach may yield benefits 

but requires some engineering in order to be able to deliver the RF signal from the 

photodiode to the data acquisition electronics.  Finally, while the approaches above 

focused on getting scattering information while the patient is inside the MRI, it is also 
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possible to use NIRS systems to get an estimate of scattering while the patient is outside 

the MRI provided that one is only interested in an average measure of scattering.  
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Appendices	

Appendix	A:	Noise	Sources	

The	signal	of	interest	is	often	obscured	by	noises.		Noise	is	composed	of	undesirable	

components	that	arise	from	various	sources.		Understanding	of	the	noise	sources	in	

a	measurement	is	critical	to	achieving	the	highest	signal‐to‐noise	ratio	in	any	system.			

Noise	can	be	divided	into	fundamental	and	external	noise.		External	noise	includes	

unwanted	background	illumination	which	may	find	its	way	to	the	detector,	thermal	

EMF,	or	inductive	pick‐up	noise.		Fundamental	noise	sources	are	noise	sources	

caused	by	the	physics	of	particles	and	therefore	cannot	be	eliminated.		Such	sources	

include	shot	noise,	Johnson	(thermal)	noise,	and	1/f	noise.		

 Shot	Noise		

Light,	as	well	as	electrical	charge,	are	quantized.		They	are	produced	in	

discrete	numbers	and	are	subject	to	statistical	fluctuations.		For	a	given	

interval,	there	will	be	random	fluctuations	in	the	number	of	electrons	or	

photons	generated.		These	fluctuations	will	follow	Poisson	statistics	where	

the	uncertainty	in	the	number	of	events	in	a	given	interval	is	simply	the	

square	root	of	the	number	of	events.		For	example,	if	100	photons	are	

generated	in	a	given	time	interval,	the	standard	deviation	of	a	series	of	

counts	over	the	same	time	interval	is	√100 10.		Therefore	100	±	10	are	

detected	during	that	time	interval.		This	random	statistical	fluctuation	is	the	

most	fundamental	type	of	noise	in	a	measurement.		Photons	and	electrical	
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charge	shot	noise	will	cause	a	slight	noise	in	the	signal	readout	regardless	of	

how	sensitive	is	the	detector.		

 Johnson	Noise	

In	addition	to	shot	noise,	electrons	are	also	subject	to	random	motion	which	

increases	with	temperature.		This	random	fluctuation	of	the	electrons	will	

generate	a	noise	known	as	Johnson	noise.		For	example,	a	resistor	has	an	RMS	

noise	voltage	value	equal	to:		

, 	 4 	

,	where	

K	 =	Boltman’s	Constant	[J/K]	

T	 =	temperature	[K]	

R	 =	resistance	[Ω]	

	 =	bandwidth	[Hz]	

For	a	1	Hz	bandwidth,	this	yields:		

, 	√ 	0.13 √ 	

The	current	equivalence	is:		

, 	√ 	
130

√
	

From	the	above	two	expressions,	if	the	signal	of	interest	is	delivered	to	a	

voltage	amplifier,	a	small	resistor	value	must	be	used	in	order	to	keep	the	

additional	Johnson	noise	due	to	the	resistor	small.		However,	if	the	signal	is	

delivered	to	a	current	amplifier,	small	value	resistors	should	be	avoided.			

 Flicker	Noise	



172	
	

This	noise	is	sometimes	known	as	pink,	low‐frequency,	or	1/f	noise.		The	

mechanism	that	produces	such	noise	is	not	well	understood.		This	type	of	

noise	has	a	spectral	density	equal	to	1/f	and	may	dominate	when	the	

bandwidth	of	interest	contains	frequencies	below	1	KHz.			

 External	Noise	Sources	

In	order	to	make	reliable	low‐level	light	measurements,	external	noise	

sources	must	be	avoided.		Some	methods	for	avoiding	external	noise	sources	

include	shielding,	using	of	differential	inputs	to	reject	common	mode	noise,	

limiting	amplifier	bandwidth	to	match	the	bandwidth	of	the	signal	of	interest,	

modulation	of	the	input	signal,	and	synchronous	triggering.			
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Appendix	B:	Programs	flow	chart	

All	programs	in	this	thesis	to	control	and	automate	data	acquisitions	were	written	in	

the	LabVIEW	programming	language.		In	this	programming	language,	software	

engineering	practices	have	been	followed,	for	the	most	part,	to	build	scalable,	

readable,	and	maintainable	VI’s.		In	order	to	write	such	code,	flowcharts	are	used	to	

build	and	document	the	steps	involved	in	programming	each	VI.		Flowcharts	are	a	

powerful	way	to	organize	ideas	and	are	able	to	provide	a	good	understanding	of	the	

application	flow.		Furthermore,	flowcharts	are	easy	to	understand	and	program	

since	the	LabVIEW	block	diagram	paradigm	is	very	similar	to	a	flowchart.			

There	are	two	projects	that	were	automated	using	LabVIEW:	the	small‐animal	

tomography	system	and	the	hybrid	breast	imaging	system.		Since	it	is	very	difficult	

to	show	the	actual	graphical	code	of	these	programs,	the	flowcharts	of	the	programs	

used	in	both	systems	are	shown	below	instead.		The	VI	programs	are	all	zipped	and	

stored	in	the	Thayer	Research	Folder.	

	

Referes	to	a	subvi	

	

Refers	to		
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This will open a communication port in order to establish 
communication to the motors.  Refer to Serial COM Initialization

Initialize flourescence slide, transmission 
slide, and linear stage motor

Initialize gantry motor

Initialize laser

Initialize TCSPC modules

Initialize DCC detectors

Start

This will verify the ability to communicate the laser.  It will also verify 
that the laser has no problems.  Once it verifies that there are no 
problems with the laser  system, it will turn on the laser system but 
keep the laser beam off until data acquisition  has started.  Refer to 
Laser  Initialization

This will establish communication to the TCSPC modules.  It will ensure 
that all modules are working.  It will also configure to be ready for data 
acquisition.  Refer to TCSPC Initialization

This will verify the ability to communicate to the gantry as well as 
move the gantry to the home position, which will be used as the 0 
degree reference.  Refer to Gantry Motor Initialization

This will verify the ability to communicate to the motors as well as 
move the fl/tr and linear stage to safe known position.  Refer to FL/TR/
LS Motors Initialization

Initialize serial com ports which are 
needed for motor communicaton

This will establish communication to all detectors.  It will load the 
detectors with the initialization file, which along with establishing the 
desired detector parameters, will also initiate cooling of the detectors.  
Refer to DCC Initialization

Allow the user to select the 
fluorescence filter set to be used 

for the experiment

Allow the user to select the 
transmission filter set to be used 

for the experiment

Allow the user to define the 
number of points to be used for 

data acquisition

User wants to start 
data acquisition?

Allow the user to choose 
whether to implement an AEC

Does the user want to 
change TCSPC 

parameters?

Does the user want to 
change detector 

parameters?

Does the user want to 
change laser parameters?

Change TCSPC parameters

Change detector parameters

Change laser parameters

Exit Program

Change laser parameters

Stop

Note that home position is the 
position where it blocks any light 

from going to the detectors. 

	

Main	Graphical	User	Interface	Flowchart	
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Release any buffers that may have been allocated previously (either 
by LabVIEW or by BH program) and were not released

‐ Check whether the DLL file is correctly registered
‐ Read the parameter values from a specified file
‐ Check and recalculate module parameters and adjust  parameters 
from the EEPROM on the SPC module(s)
‐ Send the parameter values to the SPC control registers
‐ Perform a hardware test of the SPC module(s)

simulation mode

hardware mode

TCSPC Initialization

Run SPC_close function

Run SPC_init function

Run SPC_get_mode function

DLL is running in 
simulation or hardware 

mode?

x = 0

Run SPC_get_module_info 
function for module x

Find out if we are running in hardware mode or simulation mode

x = x + 1

x=>8

Read the “in use” output of the 
SPCmodule info structure which 
results from the previous function

“in use” = 1?

The output of this function will be a structure containing the following:
‐ “module_type”: SPC module type (130, 140, 600…)
‐ “bus_number”: PCI bus number of the module
‐ “slot_number”: Slot number on PCI bus occupied my the module
‐ “in use”: whether the module is used and/or  locked
‐ “base_adr”: base I/O address on PCI bus

Save the SPCmodule info structure 
which results from the 

SPC_get_module_info function 
into an array for later use

yes

no

no

If the “in use” output is equal to 1, it means that module “x” is 
available and it is not used by any other application.  If so, save the 
contents of the SPCmodule_Info sturcture which results from the 
SPC_get_module_info function

Repeat this a total of 8 times since there can be a total of 8 TCSPC 
modules.  However, in our setup, since we have 4 modules, we an use 
this as a test to verify that we do in fact have 4 modules installed and 
ready to be used

“modules available” = 0

“modules_available” = 
“modules_available” + 1

“modules 
available” = 4?

Initialization error!  Exit program.

Hardware error!  Exit program.

Define the “Master Module” as the 
first module present in the system 

and saved in the above array

x = “first available module”

Continue to “TCSPC Initialization 2"

yes

	
TCSPC	Initialization	(1	out	of	2)	
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Rates have been 
cleared on all modules?

Continue from “TCSPC Initialization 1"

Run SPC_clear_rates function on 
module x

x = next available module

Clear the rate counters 
on all the used mocules

x = “first available module”

Run SPC_test_id function on 
module x

x = next available module

All modules ID were 
tested?

Output of previous 
function is “130”?

Hardware error!  Exit program.

Verify that the ID on all used modules is 130 
corresponding to SPC130 which is used in our system

Run SPC_get_parameter function 
on module x

x = “first available module”

Save module x parameters into an 
array which shall contain the 

parameters of all modules

x = next available module

All modules parametes 
are saved?

Get the module parameters of all used modules

Run SPC_configure_memory 
function on the master module

Run SPC_get_init_status function 
on the master module

Confirm that intialization and memory configuration 
were both successful

Result of previous 
function = 0 ?

Error!  Exit program.

TCSPC Initialization Complete

yes

no

yes

no

no

yes

yes

no

yes

no

	
TCSPC	Initialization	(2	out	of	2)	
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Data Acquisition

Move the fluorescence filters to the 
selected filter set (set 1 or set 2)

Move the transmission filters to the 
selected filter set (set 1 or set 2)

Move the gantry to the home (0 
degree) position and slow down the 

rotation speed of the gantry

Continue to “Data Acquisition 2"

Request from the user 
the number of data points 

to acquire?

Calculate the number of slices to 
measure. 

Turn on the laser system

Move the laser attenuator to 
position 25

Collect data from all 10 detectors

For each spectra collected, add all 
the intensity values for each spectra 
(sum all 1024 data points together).  
This yields the maximum intensity 

for each detector

Determine which fluorescence 
detector out of the 5 detectors 
received maximum intensity

Store the maximum intensity level 
for that detector in variable “max_I”

Decrease laser attenuation by 5 
levels by moving laser attenuator 5 

levels below current level

max_I < 300
Yes

Collect data from all 10 detectors

Determine AEC parameters from 
new collected data

Decrease laser attenuation by 2 
levels from its current attenuation 

by moving laser attenuator 2 levels 
below current level

No

Most common are 16, 32, and 64 corresponding to 22.5, 11.25, and 
5.625 degree separation between each data point.  The user shall 
define a number of points between 1 and 360 which corresponds to a 
max of 360 degree and  a minimum of 1 degree separation between 
each measurement

The number of slices = 
(ROI size in mm rounded to nearest integer) / (slick thickness in mm), 
where the result is rounded to the nearest integer

According to Dax, these steps are used to determine the initial source 
strength of the most sensitive detector (I don’t understand this!)

Note that each spectra contains 1024 data points

From the spectra, calculate Target Counts, Target Channel, and I1 
counts which are used for AEC

Set the variable “Source dB” to 0

	
Data	Acquisition	(1	out	of	2)	
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From the spectra, calculate I2 counts which is used for AEC
Determine the remaining AEC 

parameters (I2)

Calculate m, b, and Source dB 
parameters

Continue from “Data Acquisition 1"

Round Source dB to nearest 
integer, take its absolute value, and 

set this result to equal the new 
Source dB value

Move the laser attenuator to the 
new Source dB value calculated 

above

Collect data from all 10 detectors

Maximum intensity of any 
collected spectra = 0?

A problem with one of the detectors 
has occurred. 

Save collected data (flourscence 
spectra, transmission spectra, 

gantry angle, and acquisition point 
number)

Have all points been 
scanned? 

Move the gantry to the next position

Yes

No

Has user selected AEC?
No

Go to “Data Acquisition 1" to the step marked by * Save AEC file

Turn off laser

Move gantry to home position

Move transmission and flour 
essence filter slides to home 

position.

Move laser attenuator to position 50

Data Acquisition 
Completed

Collect data from all 10 detectors

Use the I1, I2, and Target Counts which are already calculated 
in order to determine m, b, and Source dB parameters 

Inform User and Exit

Yes

	
Data	Acquisition	(2	out	of	2)	
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COM1 is used for communicating to the laser attenuator motor

Serial COM Initialization

Configure serial port COM1 with the 
following options: 

Bits per second: 9600 bps
Number of bits: 8-bits

Parity choice: no parity
Number of stop bits: 1-stop bit
Flow control: no flow control

Configure serial port COM3 with the 
following options: 

Bits per second: 9600 bps
Number of bits: 8-bits

Parity choice: no parity
Number of stop bits: 1-stop bit
Flow control: no flow control

COM3 is used for communicating to the filter slides, linear 
stage, and gantry motor

Serial COM Initialization 
Complete

Allocate space for the transmission 
and receive buffers for both COM 

ports.  Use 4096 bytes for both 
buffers

	
	

Serial	COM	Initialization	
	

This will execute the initialization programs 
written by Dax which are currently stored in 
the memory of the microcontroller.

FL/TR/LS Motors 
Initialization

Send the following characters to the serial port (do not include the quotes): 
a. New line character: “\n”
b. Motor name: “a” for fluorescence filter slide motor, “b” for transmittance filter 
slide motor, and “c” for linear  stage motor. 
c. Execute program string: “ex”
d. Space character: “\s”
e. Name of program to execute: “J1” for calibration, “Re” for homing stages, “F1” for 
counter‐clockwise rotation, and “F2” clockwise rotation. 
f. New line character: “\n”

For example, in order to calibrate the transmission stage, send 
the following command to the serial port: “\nbex\sJ1\n”FL/TR/LS Motors 

Initialization Complete

	
	

FL/TR/LS	Motor	Initialization	
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These instructions will move the gantry to the 
home switch and then will move CCW by 228 
steps.  We can’t use Dax’s code because there 
is an error in his programming.  The 228 steps, 
however, come from his code!  

Gantry Motor Initialization

Gantry Motor Initialization
Complete

Verify that COM3 has been initialized properly 
from “Serial COM Initialization” subroutine

Send the following characters to the COM3
  1- “\ncms\s=\s256\n”
  2- “\nchc\s=\s60\n”
  3- “\ncrc\s=\s60\n”
  4- “\ncmv\s=\s200000\n”
  5- “\ncS3\s=\s1,1\n”
  6- “\ncS4\s=\s0,1\n”
  7- “\ncS1\s=\s\17,0n”
  8- “\nchm\s1\n”
  9- “\nch\n”
10- “\ncmr\s228\n”
11- “\nch\n”
12- “\ncp\s=\s0\n”

	
Gantry	Motor	Initialization	
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Appendix	C:	PCB	Circuits	
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Appendix	D:	Detectors	

Introduction	

Detectors	Overview	

The	main	two	categories	for	photon	detectors	are	photoelectric	and	thermal	

detectors.	Manufacturers	have	more	or	less	followed	common	international	

standards	in	describing	their	detectors.		Detectors	will	be	compared	according	to	

their	quantum	efficiency,	collection	efficiency,	responsivity,	gain,	noise	equivalent	

power	(NEP),	specific	detectivity,	response	time,	bandwidth,	energy	resolution,	and	

excess	noise	factor	(ENF).		Noise	sources	will	also	be	introduced	in	order	to	

understand	some	of	the	limitations	of	photon	detectors.		Therefore,	before	going	any	

further,	common	definitions	that	are	shared	by	all	detectors	will	be	explained.		

 Quantum	Efficiency		

One	of	the	important	keys	in	selecting	a	detector	is	its	quantum	efficiency.		

Quantum	efficiency	of	a	photodetector,	defined	by	the	symbol	η,	is	the	

probability	that	a	single	photon	will	generate	a	charge	carrier	that	will	

contribute	to	the	detectors’	current.		Not	every	photon	will	generate	a	charge	

carrier	which	would	contribute	to	the	detectors’	output	current.		Absorption	

is	a	stochastic	process	and	some	photons	will	not	be	absorbed	by	the	

detector.		A	fraction	of	photons	will	be	reflected	from	the	surface	of	the	

detector.		Finally,	some	of	the	charge	carriers	produced	by	photon	absorption	

will	fail	to	contribute	to	the	detector	output.		For	examples,	in	semiconductor	

detectors,	some	charge	carriers	will	recombine	at	the	surface	of	the	detector	

instead	of	contributing	to	the	final	output.	These	effects	are	shown	in	Figure	
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D.1	below.		Quantum	efficiency	takes	into	account	all	these	variables	and	is	

defined	as:		

≡ 	 	 	 	

	 	 	
1 1 		

,	where:	

	 =	optical	power	reflectance	

		 =	efficiency	

	 =	fraction	of	charge	carriers	that	avoid	recombination	and	contribute	to	

the	output	

	 =	absorption	coefficient	[1/length]	

	 =	detector	depth	[length]	

	

Figure	D.1:	Effect	of	reflection	and	incomplete	absorption	on	the	quantum	

efficiency	[34]	

The	 1 	represents	the	number	of	photons	that	have	avoided	reflection	

and	carried	on	towards	the	light‐sensitive	part	of	the	detector.		The	 	

represent	the	fraction	of	charge	carriers	that	avoid	recombination	and	

contribute	to	the	final	detector	output.		Finally,	the	 1 	term	

represents	the	fraction	of	the	photon	flux	that	are	absorbed	in	the	light‐

sensitive	part	of	the	detector.			
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It	is	important	to	note	that	the	dependence	of	the	efficiency	of	a	detector	on	

wavelength	is	due	to	the	dependence	on	the	absorption	coefficient	 ,	

which	is	wavelength	dependent.					

 Collection	Efficiency	

Collection	efficiency	is	another	important	term	that	must	be	considered	

while	selecting	a	photon	detector.		It	is	a	measure	of	how	efficient	the	

detector	is	in	transferring	the	primary	photoelectrons	or	electron‐hole	pair	

charge	carriers	to	the	output	terminal.		While	an	absolute	measurement	for	

collection	efficiency	is	not	easy,	relative	comparisons	between	detectors	can	

easily	be	made.		

 Responsivity	

Responsivity,	defined	by	the	symbol ,	is	a	measure	of	the	sensitivity	of	a	

detector.		It	is	equal	to	the	ratio	of	the	root	mean	square	(rms)	output	current	

measured	in	amperes	(or	output	voltage,	measured	in	volts)	produced	by	the	

detector	to	the	incident	light	power	measured	in	watts.		The	higher	the	

responsivity,	the	more	sensitive	is	the	detector.			Responsivity	can	be	

calculated	from	the	following:		

	
	 	Φ

	 	 	Φ
	 	Φ

	 	
	

	 	

	
	 	

1.24
	

	 =	responsivity	[amp/watts]	

		=	rms	current	output	of	the	detector	[Amperes]	

	 =	incident	radiation	power	[watts]	
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		=	Plank’s	constant	[joule‐second]	

		 =	light	frequency	[Hz]	

Φ 	 =	photon	flux	[photons/second]	

		 =	efficiency	of	detector	

		=	gain	of	detector	

		 =	electron	charge	[coulombs]	

c	 =	speed	of	light	[m/s]	

	 =	light	wavelength	in	[m]	

	=	light	wavelength	in	[um]	

 Gain	

Some	photon	detectors	have	a	gain	mechanism	which	amplifies	the	charge	

carriers	that	contribute	to	the	output	current.		For	example,	as	will	be	

discussed	later	in	this	chapter,	a	photon	absorbed	in	a	PMT	detector	will	

initially	generate	few	electrons.		These	electrons	will	be	amplified	further	

through	dynode	elements	that	eject	more	electrons	as	they	themselves	are	

bombarded	with	electrons.		A	single	photon	in	the	PMT	case	may	generate	up	

to	106	electrons	or	even	more.	This	gain	mechanism	is	essential	for	single	

photon	detection	where	detectors	are	able	to	respond	and	detect	single	

photons.			

 Noise	Equivalent	Power		

A	detector	produces	an	output	signal	even	if	it	does	not	get	any	input	light	

due	to	different	noise	sources	that	are	inherent	to	each	detector.		The	noise	
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equivalent	power	(NEP)	is	defined	as	the	input	radiant	power	that	produces	

a	signal	value	equal	to	the	noise	value	produced	in	the	detector.		It	is	not	easy	

to	find	a	clear	mathematical	definition	of	NEP	in	the	literature.		The	previous	

definition	results	in	NEP	measured	in	units	of	Watts.		However,	since	this	

definition	does	not	take	into	consideration	the	bandwidth	of	the	detector,	

other	authors	define	NEP	to	be	the	input	radiant	power	that	produces	a	

signal	value	equal	to	the	noise	value	produced	in	the	detector	in	a	one	hertz	

output	bandwidth	[125].		An	output	bandwidth	of	one	hertz	is	equal	to	half	a	

second	of	integration	time.		Therefore,	NEP	is	the	radiant	power	which	gives	

a	signal‐to‐noise	ratio	of	one	during	a	500ms	integration	time.		In	this	case,	

NEP	has	the	units	of	 /√ .		A	detector	with	an	NEP	of	10 	 /√ 	can	

detect	a	signal	power	of	one	nanowatt	(10 	 )	with	a	signal‐to‐noise	ratio	

(SNR)	of	one	after	one	half	second	of	averaging.		In	such	case,	the	NEP	is	

simply	found	by	the	ratio	of	the	noise	current	to	the	photosensitivity	(NEP	

[W/Hz1/2]	=		

	 / 	
	 	 /

	
	

In	either	case,	this	measurement	is	valid	only	when	the	dark‐current	noise	

dominates	the	noise	level	as	will	be	discussed	later	in	the	chapter.		

 Specific	Detectivity		

The	NEP	value	provides	a	great	insight	into	the	sensitivity	of	the	detector.		

However,	it	introduces	a	bias	in	the	detector	comparison	since	NEP	depends	
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on	the	area	of	the	detector.		Another	figure	of	merit	that	is	used	to	

characterize	the	performance	of	a	detector	while	removing	the	dependence	

on	the	area	is	the	specific	detectivity,	D*.		It	is	defined	as	the	reciprocal	of	the	

NEP	value	normalized	by	the	area	of	the	detector.		D*	provides	a	great	

method	for	comparing	different	detectors	and	is	defined	as:				

∗ 	
∆

	

,	where:		

∗		 =	specific	detectivity	[ 	∙	√ ]	

		 =	area of the photosensitive region of the detector [cm2] 

∆   = signal bandwidth [Hz] 

NEP		 =	noise equivalent power [ /√  

The	higher	the	D*	the	lower	the	noise	in	a	system	[126].		Finally,	it	is	

important	to	note	that	detectivity	is	different	from	specific	detectivity.		

Detectivity	is	simply	the	inverse	of	the	NEP	(D	=	1/NEP)	and	thus,	

∗ 	 ∆ 	

 Response	Time	

Response	time	is	another	important	aspect	that	measures	a	detectors	

performance.		It	is	the	time	required	for	a	detector	to	respond	to	an	optical	

input	and	is	expressed	as	the	time	required	for	a	photodetector	to	go	from	

10%	to	90%	of	its	final	response	state.		The	two	main	variables	that	

determine	the	response	time	of	a	detector	are	the	transit‐time	spread	and	the	

RC	time	constant.		The	transit‐time	spread	is	the	time	required	to	collect	the	
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charge	carriers	which	contribute	to	the	output	of	the	detector.		The	RC	time	

constant	is	a	delay	imposed	by	the	inherent	resistance	and	capacitance	of	any	

detector.		Both	resistance	and	capacitance	increase	the	response	time	by	

integrating	the	current	output	of	the	detector.		Other	variables	may	also	

control	the	response	time	of	a	detector	such	as	diffusion	time	and	avalanche	

build‐up	time	but	to	a	lesser	extent.		The	response	time	in	such	cases	is	equal	

to	the	root	mean	square	sum	of	all	the	variables.			

 Bandwidth	

Bandwidth	of	a	detector	is	a	measure	of	the	maximum	frequency	that	can	be	

measured.		It	is	related	to	the	response	time.		However,	more	common	

definitions	relate	the	bandwidth	to	the	time	constant	of	the	system,	,	which	is	

the	time	it	takes	a	detector	output	to	reach	 1 	 	 63%	of	its	final	steady	

state	value	and	is	defined	as:		

∆
1
2

	

,	where	 	is	the	time‐constant	of	the	system.			

 Energy	Resolution	

Energy	resolution	is	a	measurement	typically	used	in	nuclear	medical	

applications	to	determine	the	ability	of	a	detector	to	accurately	measure	the	

energy	of	the	incoming	radiation.		It	is	expressed	as	a	percentage	of	the	

energy	of	the	incoming	photons.		For	example,	if	a	system	has	an	energy	

resolution	of	10%	and	only	140	KeV	photons	are	striking	the	camera,	the	
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system	will	record	photons	ranging	from	133	KeV	to	147	KeV;	it	can	

determine	the	incoming	energy	within	10%	of	the	actual	energy.			

Energy	resolution	is	defined	

	 	 .	

,	where	

	is	the	number	of	incident	photons		

A	more	accurate	definition	is	given	by	

	
	 	 	 	 	

	

,	where		

		 =	number	of	incident	photons	

		 =	quantum	efficiency	

		 =	collection	efficiency	

ENF		 =	excess	noise	factor	

ENC		 =	the	equivalence	noise	charge	(readout	noise)	

This	measurement	is	used	to	measure	the	overall	performance	of	a	camera	

responding	to	high	energy	photons	(i.e.	gamma,	x‐ray,	etc.)	and	since	the	

primary	focus	of	this	thesis	is	NIR	light	detection,	energy	resolution	will	not	

be	covered	any	further.			

 Excess	noise	factor	(ENF)	

The	excess	noise	factor	(ENF)	is	simply	the	noise	added	to	the	signal	due	to	

the	inherent	internal	gain	mechanism	of	a	detector.		Different	noise	
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mechanisms	contribute	in	different	ways	to	the	detector	gain	and	these	will	

be	discussed	further	with	each	detector.			

Thermal	Detectors		

Thermal	detectors	convert	photon	energy	into	heat.		The	photons	are	absorbed	in	

the	detector	material	which	causes	the	temperature	of	the	detector	to	change.		The	

temperature	change	in	the	material	causes	a	change	in	the	properties	of	the	detector	

material	(i.e.	thermoelectric	voltage,	resistance,	pyroelectric	voltage,	etc.).		For	

example,	pyroelectric	detectors	change	their	electrical	polarization;	bolometers	

change	their	electrical	resistance;	etc.		Thermal	detectors	are	approximately	

wavelength	independent.		First	approximations	assume	that	the	photon	absorption	

mechanism	of	thermal	detectors	is	independent	of	the	photon	wavelength,	and	thus,	

these	detectors	do	not	depend	on	the	nature	or	spectral	features	of	the	photons,	but	

rather	respond	directly	to	the	radiant	power	(watts).		Thermal	detectors	include	

thermoelectric,	bolometric,	etc.		Table	2.1	below	shows	different	thermal	detectors	

along	with	the	detector	property	that	is	measured	which	correlates	to	the	light	

radiant	power.		These	detectors	are	typically	used	for	wavelengths	from	the	IR	up	to	

sub‐mm	wavelength.			

Detector  Method	of	operation 

Bolometer  Change	in	electrical	conductivity
Thermocouple/Thermopile  Voltage	generation	caused	by	

change	in	temperature	of	the	
junction	of	two	dissimilar	materials

Pyroelectric  Changes	in	spontaneous	electrical	
polarization

Golay	cell/Gas	microphone Thermal	expansion	of	a	gas
Absorption	edge  Optical	transmission	of	a	

semiconductor 
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Pyromagnetic  Changes	in	magnetic	properties
Liquid	crystal  Changes	of	optical	properties
Table	D.1:	Thermal	Detectors	and	their	method	of		operation	[127]	

The	highest	possible	D*	value	for	thermal	detectors	operated	at	room	temperature	

is	~2	x	1010	cmHz1/2W‐1		[127]		While	this	value	may	be	improved	by	cooling,	it	

remains	a	problem	for	thermal	detectors.	Thermal	detectors	have	few	shortcomings	

including	their	intermediate	sensitivity	and	slow	response	due	to	the	relatively	slow	

process	of	heating	and	cooling	of	the	detector	material.		However,	with	advances	in	

technology,	these	detectors	have	improved	drastically	and	may	one	day	become	the	

leading	choice	of	detectors.	

Photoelectric	detectors		

The	other	type	of	photodetector,	photoelectric	detectors,	absorbs	photons	and	

produce	electrons.		Unlike	thermal	detectors	which	depend	on	the	optical	power,	

these	detectors	depend	on	the	photon	flux	(photons/second)	[34].		Photoelectric	

detectors	are	based	on	the	photoeffect	where	photons	interact	with	the	electrons	

(electrons	bound	to	the	lattice	atoms,	electrons	that	are	bound	to	impurity	atoms	or	

with	free	electrons).	Absorption	of	photons	by	atoms	causes	electrons	to	transition	

to	higher	energy	levels	resulting	in	mobile	charge	carriers.		These	electrons	would	

quickly	recombine	unless	an	electric	field	is	applied	through	the	material.		An	

external	electric	field	that	is	applied	causes	the	free	electrons	to	move	and	produce	

an	electric	current.		Photoelectric	detectors	are	further	divided	into	two	categories	

depending	on	what	happens	to	the	mobile	charge	carriers	generated	through	

photon	absorption.		The	first	category	is	the	external	photoeffect‐based	detectors	

where	the	generated	electrons	escape	the	material.		This	category	includes	
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photomultiplier	tubes	(PMT),	microchannel	plate	–	PMTs	(MCP‐PMT),	and	streak	

cameras.		The	second	category,	which	is	the	basis	of	most	modern	photon	detectors,	

is	the	internal	photoeffect	based	detectors	where	mobile	charge	carriers	remain	

inside	the	material.		For	such	detectors,	the	application	of	an	electric	field	applied	

causes	changes	in	the	conductivity	of	the	material.		Unlike	thermal	detectors,	

detectors	based	on	the	photoeffect	(internal	or	external)	are	wavelength	dependent,	

with	the	majority	of	detectors	showing	sensitivity	to	a	small	window	in	the	

electromagnetic	spectrum.			

Photomultiplier	tube	(PMT)	detectors	

To	this	day,	PMT	detectors	are	the	gold	standard	among	the	most	sensitive	

detectors.		A	single	photon	striking	a	PMT	detector	generates	anywhere	between	

106	–	109	electrons.		With	the	proper	resistor	terminated	at	the	output	of	the	PMT,	

this	current	pulse	is	converted	to	voltage	in	the	mV	range	which	can	easily	be	

measured.		A	simplified	schematic	of	a	typical	PMT	is	shown	in	Figure	D.2	below.			

	

Figure	D.2	the	detection	of	light	in	an	electron‐vacuum	tube	is	illustrated	at	left,	where	electrons	

are	generated	from	a	photocathode	and	travel	through	vacuum	to	the	anode	where	current	is	

generated.		On	the	right,	the	electron	multiplication	is	illustrated	by	sequential	collision	at	each	of	the	

charged	dynodes	in	a	photomultiplier	tube	[34]	
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As	shown	in	Figure	2.2,	a	PMT	consists	of	a	photoemissive	cathode	(photocathode),	

focusing	electrode(s),	electron	multiplier	(dynodes)	and	electron	collector	(anode).		

The	entire	apparatus	is	housed	inside	a	vacuum	tube.		When	a	photon	strikes	the	

photocathode,	an	electron	is	generated	(photoelectron).		The	focusing	electrodes	

direct	the	photoelectron	to	the	dynode	chain	where	each	dynode	is	then	used	to	

multiply	the	number	of	electrons	through	the	process	of	secondary	emission.		The	

first	conversion	process,	the	photoelectron	conversion,	has	a	rather	poor	efficiency	

(typically	below	30%).		In	fact,	some	of	the	emitted	photoelectrons	do	not	find	their	

way	to	the	first	dynode	and	thus	cannot	be	multiplied.		This	is	the	reason	why	

collection	efficiency	is	an	important	parameter	when	dealing	with	detectors	as	some	

of	the	produced	charge	carriers	are	unable	to	contribute	to	the	final	output.		

Collection	efficiency	for	a	PMT	is	defined	as:		

	 	 	 	 	 	
	 	 	 	 	 	 	

	

The	collection	efficiency	of	a	PMT	varies	with	wavelength	and	is	between	60	and	

90%.	The	remaining	electron	multiplication	activity	after	the	first	dynode	has	very	

little	noise	associated	with	this	process	and	is	usually	very	efficient.		

As	the	electrons	are	multiplied	by	each	consecutive	dynode	in	the	chain,	the	number	

of	electrons	grows	larger	and	larger	until	all	the	electrons	are	collected	at	the	anode.		

The	output	signal	therefore	is	a	current	signal	consisting	of	a	large	number	of	

electrons.		By	connecting	the	anode	to	the	ground	through	a	resistor,	the	current	

signal	induces	a	voltage	drop	across	the	resistor	which	can	be	measured	by	

electronic	circuitry.	
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Each	dynode	in	the	dynode	chain	contributes	to	the	electron	multiplication.		The	

multiplication	due	to	each	dynode	is	not	constant	and	exhibits	some	variance.	

Therefore,	one	considers	only	the	mean	value	of	the	secondary	emission	factor	for	

each	dynode	(δ).		In	an	n‐dynode	chain	PMT,	a	single	electron	is	multiplied	by	δn	and	

results	in	a	pulse	at	the	anode.		This	gain	mechanism	associated	with	the	

photomultiplier	tube	detectors	makes	it	one	of	the	most	sensitive	devices	to	date.		

Due	to	the	variance	of	secondary	emission,	the	generated	output	pulse	has	a	large	

variance.		Thus,	for	the	same	number	of	photons	striking	the	PMT,	output	pulses	

with	varying	heights	are	generated.	Figure	D.3(a)	shows	an	example	of	PMT	output	

pulses	with	varying	heights	that	may	result	from	the	same	number	of	incident	

photons.		Figure	D.3(b)	shows	a	histogram	of	the	pulse	height	distribution.		As	

expected,	the	pulse	height	distribution	shows	a	Poisson	characteristic	except	for	a	

slight	deviation	at	the	low	pulse	heights	side	of	the	curve	due	to	dark	counts	which	

will	be	explained	later	in	this	chapter.			
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Figure	D.3:	a.	Diversity	of	PMT	output	pulse	heights	(b)	PMT	output	pulses	and	

pulse	height	distribution	of	the	pulses	

A	PMT	detector	may	be	operated	in	an	analog	(DC)	or	digital	(photon	counting)	

mode.		In	an	analog	mode,	the	detector	is	unable	to	resolve	the	effect	of	individual	

photons	due	to	the	large	number	of	photons	striking	the	detector.		The	contribution	

of	individual	photons	cannot	be	measured,	but	rather	the	sum	of	contributions	of	all	

photons	is	summed.		This	mode	is	depicted	in	Figure	D.4(a).			
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					a	 	 	 	 								b	

Figure	D.4:	PMT	operation	modes:	(a)	analog	(b)	photon	counting	

As	shown	in	part	a,	even	though	photons	generate	pulses,	the	pulses	end	up	

overlapping	each	other.		In	this	mode,	the	mean	value	of	the	analog	current,	which	is	

proportional	to	the	intensity	of	the	light	flux	input,	is	measured.		Due	to	the	

statistical	characteristics	and	variance	of	the	amplitude	of	the	output	pulses,	the	

noise	of	the	mean	value	of	the	anode	current	is	larger	than	the	photon	(shot)	noise.		

SNR	is	lower	in	the	analog	mode	than	photon	counting	operation	mode.		

In	digital	(photon	counting)	mode,	the	detector	receives	photons	that	are	separated	

from	each	other	by	at	least	the	width	of	the	single	electron	response	(SER)	of	the	

detector.		This	mode	allows	the	individual	pulses	to	be	counted	and	summed,	

regardless	of	the	pulse	amplitude.		The	number	of	pulses	counted	per	unit	time	is	

proportional	to	the	light	flux	intensity.		An	immediate	advantage	can	be	seen	here	
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where	the	noise	associated	with	the	output	pulse	variation	no	longer	contributes	to	

the	noise	of	the	output	signal.		There	are	several	advantages	to	using	PMTs	in	digital	

(photon	counting)	mode	instead	of	the	analog	mode.	These	benefits	are	discussed	in	

more	detail	in	the	photon	counting	section	in	this	chapter.		

The	ENF	of	a	PMT	is	defined	as:		

1 	
1 1

⋯
1
…

	

This	value	is	around	1.4	for	a	PMT	detector	and	decreases	with	increasing	gain.		

The	analysis	below	demonstrates	how	to	calculate	the	signal‐to‐noise	ratio	for	a	

PMT.		The	signal‐to‐noise	is	expressed	in	root	mean	square	(r.m.s).		For	the	

waveform	shown	in	Figure	D.5,	the	signal‐to‐noise	is	defined	as:		

	 .

. .
	 . . 	 .

. .
	

	

Figure	D.5	

The	signal	to	noise	ratio	of	a	PMT	depends	on	the	operation	mode.		For	analog	

measurements,	in	order	to	calculate	the	SNR,	we	have	to	consider	the	noise	sources.		

In	analog	mode,	the	noise	sources	include	shot	noise	due	to	the	input	light,	shot	
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noise	due	to	background,	shot	noise	due	to	dark	current,	and	finally	noise	due	to	the	

amplifier	circuit.		The	signal‐to‐noise	ratio	for	a	photomultiplier	tube	is	calculated	

as:		

	 _

.
	

Thus:		

. .

	 	 	 	 	 	

,	where		

. 	 2 	 	 Δ 		

,	where:		

	 	 	=	detector	gain	

e		 	 	=	electron	charge	[coulombs]	

ENF		 	 	=	excess	noise	factor	

Imeanbackgroundcurrent	=	the	average	cathode	current	produced	by	unwanted	background	

light	[A]	

Δ 		 	 	=	the	noise	bandwidth	of	the	photodiode	[Hz]	

. 	 2 	 	 Δ 			

,	where:		

Imeandarkcurrent		 =	the	average	dark	current	resulting	from	the	photocathode	

(thermionic	emission,	leakage	current	between	electrodes,	and	field	emission	

current	from	residual	gases	inside	the	tube)		
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. 	 	 2 	 	 Δ 		

,	where:		

Imeanathodphotocurrent	=	the	photocathode	current	generated	by	the	incident	light.				

	
4 	 	Δ 	

	

Since	the	PMT	gain	is	sufficiency	large,	the	amplifier	noise	can	generally	be	ignored	

[128].			

Thus,	the	signal	to	noise	ratio	can	be	found	as	follows:		

	
.

	
	

. 	 . 	 . 	

	
	

2 	 	Δ 2

	
2 	 	Δ 2

	

The	anode	signal	current,	 ,	defined	above	as	

	 	can		also	be	calculated	from	the	incident	light	power	P	and	

the	anode	radiant	sensitivity	 	which	can	be	found	from	the	PMT	spec	sheets:	

	 .		

For	light	power	greater	than	the	NEP	value	of	the	PMT,	the	signal‐to‐noise	ratio	can	

be	approximated	as	
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| ≫ 	
2 	 	Δ

	

Photon	counting	regime	offers	a	different	and	a	higher	signal‐to‐noise	ratio.		For	

photon	counting	measurements,	in	order	to	calculate	the	SNR,	we	also	have	to	

consider	the	noise	sources	as	well,	which	include	shot	noise	resulting	from	the	

signal	light,	shot	noise	resulting	from	the	background	light,	and	shot	noise	resulting	

from	the	dark	counts:		

															 																		 	

,	where:	

		 =	the	shot	noise	resulting	from	the	signal	light	

		 =	the	number	of	counts	from	the	signal	light	

		 =	the	shot	noise	resulting	from	the	background	light	

		 =	the	number	of	counts	from	the	background	light	

		 =	the	shot	noise	resulting	from	the	dark	counts		

		 =	the	number	of	counts	from	the	dark	counts	

For	photon	counting	mode,	the	signal‐to‐noise	ratio	can	then	be	calculated	as:		

	
2

	

The	number	of	counts/sec,	N’,	can	be	found	using	the	formula	N’	=	N/t.		Therefore,	

the	signal‐to‐noise	ratio	expressed	in	counts/sec	using	the	above	formula	yields:		

	
′ √

′ 2 ′ ′
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As	can	be	seen	from	the	equation	above,	the	signal‐to‐noise	ratio	can	be	improved	as	

the	measurement	time	is	made	longer.			

Comparing	both	analog	and	photon	counting	operations,	the	signal‐to‐noise	ratio	of	

analog	and	photon	counting	for	a	signal	with	1	Hz	bandwidth	signal	is:		

	
2 	 	 2

																					

	
2 2

	

As	can	be	seen,	the	signal‐to‐noise	ratio	of	the	photon	counting	regime	is	better	than	

the	analog	regime	by	the	factor	ENF.		Furthermore,	using	a	discriminator	increases	

the	signal‐to‐ratio	in	photon	counting	mode	through	elimination	of	dark	counts	and	

random	cosmic	pulses	that	cannot	be	removed	in	the	analog	regime.		The	

discriminator	is	discussed	in	detail	in	chapter	3.		Setting	a	lower	discriminator	level	

can	suppress	most	of	the	dark	counts	(Nd)	while	setting	an	upper	discrimination	

level	can	suppress	spurious	counts	caused	by	cosmic	radiation,	as	shown	in	figure	

2.4(b),	which	produce	higher	noise	pulses	and	cause	signal	degradation	that	cannot	

be	eliminated	in	analog	mode.					

NEP	for	a	PMT	can	easily	be	found	by	setting	the	signal‐to‐noise	ratio	to	1.		Ignoring	

the	shot	noise,	the	NEP	can	be	simplified	to:		

	
2 	 		 	Δ 	



202	
	

,	where		

e		 	 =	electron	charge	[1.6	x	10‐19C],		

Imeananodedarkcurrent	=	anode	dark	current	in	amperes	[A],		

µ		 	 =	detector	gain,		

Δ 		 	 =	bandwidth	of	the	system	in	hertz	[Hz],		

S		 	 =	anode	radiant	sensitivity	in	amperes	per	watt	at	the	wavelength	of	

interest	[A/W].			

Typical	NEP	values	for	a	bandwidth	of	1	Hz	for	a	PMT	are	between	10‐15	and	10‐16	

Watts	[35].		This	translates	to	detection	of	400	to	4000	photons	per	second	for	a	800	

nm	photons.		Cooling	the	PMT	can	improve	the	NEP	value	by	reducing	dark	current.		

Cooled	PMT	detectors	are	able	to	reach	NEP	values	of	10‐21	W/Hz‐0.5	[36].	Including	

shot	noise	in	the	calculation	above	will	reduce	the	NEP	value	slightly.		The	difference,	

however,	will	increase	with	increasing	bandwidth.			

Finally,	the	electron	multipliers,	dynodes,	of	a	PMT	consist	of	8	up	to	19	stages.		

These	stages	are	arranged	in	different	configuration	where	each	configuration	

yielding	certain	over	other	configurations.		Figure	D.6	shows	different	types	of	

configurations	that	are	commonly	found	with	PMT	detectors	and	table	D.2	below	

shows	some	of	the	properties	for	different	PMT	dynode	configurations.				
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Figure	D.6	Types	of	electron	multiplier	structures	used	with	PMT	detectors	[35]	

Dynode	Type	 Rise	Time	
(nS)	

Collection	
Efficiency	

Features	

Circular	 0.9	to	3	 Good	 Compact,	high	speed	
Box‐and‐grid	 6	to	20	 Very	good	 High	collection	efficiency	
Linear	
focused	

0.7	to	3	 Good	 High	speed,	high	linearity	

Venetian	
Blind	

6	to	18	 Poor	 Suited	for	large	diameter	

Fine	Mesh	 1.5	to	5.5	 Poor	 Higher	magnetic	field	immunity	
(up	to	1.5T	for	magnetic	field	
parallel	to	tube	axis)	

Metal	
Channel	

0.65	to	1.5	 	 Compact,	high	speed	

Table	D.2	Typical	characteristics	of	dynode	types	[35]	

Microchannel	Plate	PMT	(MCP‐PMT)	Detectors	

The	second	type	of	photoelectric	based	detectors	is	the	microchannel	plate	PMT	

(MCP‐PMT).		The	MCP‐PMT	is	similar	to	the	conventional	PMT	except	it	replaces	the	



204	
	

dynodes	with	an	array	of	high	number	(millions)	of	capillaries	(channels)	in	a	glass	

plate	as	shown	in	Figure	D.7.		The	faces	of	both	sides	of	the	plate	are	coated	with	

thin	metal	films	that	act	as	the	electrodes.		Applying	a	voltage	across	these	

electrodes	creates	an	electric	field	that	causes	the	electron	to	accelerate	from	one	

electrode	(anode)	to	the	other	electrode	(cathode).		The	channels,	whose	inner	

diameter	is	~10um,	are	coated	with	a	material	that	emits	secondary	electrons.		

Therefore,	each	channel	acts	as	independent‐continuous	dynode	multiplying	the	

electrons	as	they	hit	the	walls.			

	

Figure	D.7:		(a)	Cutaway	view	of	Microchannel‐plate	PMT,	(b)	electron	

multiplication	I	a	single	capillary	of	a	microchannel	plate	[34]	

The	MCP‐PMT	offers	timing	improvement	over	the	PMT	(down	to	the	ps	level)	as	

well	as	low‐light	level	detection	at	the	photon	counting	mode.		Furthermore,	they	

exhibit	better	immunity	to	magnetic	fields	due	to	their	construction.			

Streak	Cameras	

A	streak	camera	is	a	two‐dimensional	detector	that	is	able	to	record	ultra‐short	light	

events.		It	transforms	the	temporal	profile	of	an	input	pulse	into	a	spatial	profile	on	

the	detector	by	use	of	a	time‐varying	electric	field.		Streak	cameras	offer	a	superior	
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temporal	resolution	that	can	reach	as	low	as	100s	of	femtoseconds	compared	to	

other	detectors	[129].	

Figure	D.8	shows	the	schematic	of	a	streak	camera	[130].		Four	pulses	that	vary	in	

time,	position,	and	intensity	are	shown	at	the	input.		As	these	pulses	enter	the	streak	

camera,	they	first	pass	through	a	slit.		Optical	lenses	are	used	to	focus	the	light	input	

on	the	photocathode.		The	incident	light	is	then	converted	into	electrons	

proportional	to	the	intensity	of	the	light.		The	electrons	are	then	accelerated	

towards	a	micro‐channel	plate	(MCP).		On	their	way	to	the	MCP,	the	electrons	pass	

between	a	pair	of	electrode	plates	which	are	used	to	deflect	the	electrons	so	that	

photoelectrons	that	arrive	at	different	times	hit	the	detector	at	a	different	position.		

The	electrons	are	deflected	via	a	time‐varying	electric	field	applied	to	the	electrodes	

that	is	synchronized	to	the	incident	light.		As	the	electrons	pass	through	the	MCP,	

they	are	multiplied	several	thousand	times	and	then	the	electrons	are	converted	to	

light	after	they	hit	a	phosphor	screen.		A	detector,	such	as	a	charged‐couple	device	

(CCD)	detector,	is	used	to	measure	the	streak	pattern	on	the	phosphor	screen,	and	

thus	one	can	infer	the	temporal	profile	and	intensity	of	the	input	light	pulse.		

Figure	D.8:	Operating	principle	of	a	streak	tube	[130]	
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A	streak	camera,	therefore,	is	used	to	transform	changes	in	the	temporal	and	spatial	

light	intensity	input	into	a	2D	streak	image	where	one	dimension	carries	spatial	

information	and	the	other	dimension	carries	time	information.		The	intensity	of	the	

input	light	is	directly	proportional	to	the	intensity	of	the	output	image.		Thus,	every	

point	in	the	streak	image	provides	information	representing	intensity,	location,	and	

time.		For	example,	a	single	flash	on	a	streak	camera	would	look	like	a	streak	along	

the	temporal	axis.		The	length	of	the	streak	on	the	image	is	directly	related	to	the	

duration	of	the	flash	that	it	represents.				

Internal	photoeffect	detectors	

The	second	type	of	photoeffect‐based	detectors	is	the	internal	photoeffect	detectors	

where	electrons	remain	inside	the	material.		Most	modern	detectors	are	based	on	

semiconductor	technologies	that	rely	on	the	internal	photoeffect	where	a	photon	is	

absorbed	in	the	material	resulting	in	a	free	excited	electron.		If	an	electric	field	is	

applied,	the	electron	drifts	towards	the	positive	side	of	the	field.		An	electron	leaving	

its	valance	band	creates	an	unoccupied	state	where	other	electrons	in	the	valance	

band	attempt	to	occupy.		In	the	absence	of	an	electric	field,	the	free	electron	would	

find	an	unoccupied	state	and	fill	it	up,	thus,	emitting	a	photon	in	the	process.		

However,	in	the	presence	of	an	external	electric	field,	the	unoccupied	state	is	filled	

up	with	a	valance	electron,	creating	another	unoccupied	state	which	itself	gets	

occupied	by	another	valance	electron	and	the	process	continues	to	repeats.		

Therefore,	the	electrons	in	the	valance	band	move	to	fill	in	the	unoccupied	state,	

which	may	be	regarded	as	a	movement	of	electrons	in	the	opposite	direction	of	the	

hole	that	was	created	by	the	free	electron.		The	hole	may	be	thought	off	as	an	
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electron	but	with	a	positive	charge.		This	electron‐hole	pair	is	responsible	for	the	

electric	current	in	the	device.	

Semiconductors	are	crystalline	or	amorphous	materials	with	electrical	conductivity	

that	is	between	conductors	and	insulators.		The	properties	of	a	semiconductor	can	

be	tailored	to	fit	specific	applications	simply	by	controlled	addition	of	impurities.		

These	devices	are	the	foundation	of	modern	solid	state	electronics.			

Semiconductors	can	be	divided	into	intrinsic	and	extrinsic	semiconductors.		

Intrinsic	semiconductors	are	pure	semiconductors	with	no	embedded	impurities	

with	a	structure	similar	to	the	one	shown	in	Figure	D.9.a.		Extrinsic	semiconductors	

have	impurities	added	to	the	semiconductor	in	a	process	known	as	doping.		An	

example	of	an	extrinsic	semiconductor	is	shown	in	Figure	D.9.b.		In	both	types	of	

semiconductors,	current	conduction	occurs	via	free	electrons	and	holes,	collectively	

known	as	charge	carriers.		The	advantage	of	doping	is	that	it	increases	the	number	

of	charge	carriers.					

	

								a	 	 	 																																				 	 				b	

Figure	D.9:	(a)	intrinsic	(pure)	semiconductors	(b)	extrinsic	semiconductor	

Extrinsic	semiconductors	are	of	two	types:	n‐type	and	p‐type.		A	p‐type	

semiconductor	contains	a	larger	holes	concentration	than	electrons	whereas	an	n‐
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type	semiconductor	contains	larger	electron	concentration	than	holes.	N‐type	

semiconductors	are	obtained	by	doping	an	intrinsic	semiconductor	with	donor	

impurities	whereas	P‐type	semiconductors	are	obtained	by	doping	an	intrinsic	

semiconductor	with	acceptor	impurities.			

Intrinsic	semiconductors	have	limited	uses	in	photon	detection.		Examples	of	photon	

detectors	that	are	based	on	this	type	are	photoresistors	which	are	identical	to	

Figure	2.9(a).		While	these	detectors	are	able	to	detect	photons,	they	have	low	

sensitivity	and	are	not	suitable	for	low	light	level	detection.			

Photons	absorbed	in	the	p‐n	junctions	have	a	quantum	efficiency	approaching	100%,	

but	the	intrinsic	noise	of	these	devices	limit	the	detection	of	low	light	signals[117].		

Besides,	it	is	totally	immune	to	magnetic	fields[117].	

The	spectral	range	of	operation	for	these	types	of	detectors	is	limited.		The	upper	

limit	of	operation	depends	on	the	band	gap	energy	of	the	detector.		The	photovoltaic	

effect	cannot	occur	for	photons	with	energy	below	the	band	gap	energy	of	the	

detector.		For	example,	the	band	gap	energy	of	silicon	photodetector	is	1.12	eV.		The	

cut‐off	wavelength	for	these	detectors	can	be	found	via	the	formula:	 	 .		

For	example,	the	cut‐off	wavelength	for	a	silicon	based	semiconductor	photon	

detector	is	around	1100nm.		Table	2.3	below	shows	the	energy	band	gap	and	the	

corresponding	cut‐off	wavelength	for	the	three	most	common	materials	used	in	

semiconductor	photon	detectors.			

	

(T=300K) E
gap
(eV)	 λ

gap
(nm)	
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Ge	 0.66	 1880	

Si	 1.11	 1150	

GaAs	 1.42	 870	

Table	D.3:	Energy	band	gap	and	corresponding	cut‐off	wavelength	for	common	

semiconductor	detectors	

The	lower	wavelength	limit	is	determined	by	the	degree	of	photon	absorption.		

Short	wavelength	photons	are	immediacy	absorbed	on	the	surface	of	the	material	

and	any	hole‐electron	pairs	would	simply	recombine	at	the	surface	and	not	

contribute	to	any	output	current.		Devices	can	be	designed	with	thin	layers,	which	

can	improve	the	short‐wavelength	response	of	the	detectors.		

Photoresistor	

A	photoresistor,	also	known	as	a	photoconductor,	light	dependent	resistor,	or	a	

Cadmium	sulfide	(CdS)	cell,	is	an	undoped	semiconductor	with	no	semiconductor	

junctions	(i.e.	P‐N,	P‐I‐N,	etc)	as	shown	in	Figure	D.10	below.			
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Figure	D.10:	Photoresistor	[34]	

It	is	essentially	a	resistor	whose	resistance	decreases	with	increasing	incident	light	

intensity.		Remarkably,	these	detectors	provide	an	internal	gain	mechanism.		The	

output	current	generated	is	a	function	of	the	incident	light	power,	quantum	

efficiency	of	the	device,	and	the	ratio	between	the	excess‐carrier	recombination	

lifetime	and	the	electron	transit	time	across	the	detector:		

	

,	where:	

	 =	electric	current	[A]	

		 =	detector	efficiency	

		 =	excess‐carrier	recombination	lifetime	[s]	

		 =	electron	transit	time	across	the	sample	[s]	
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		 =	electron	charge	[C]	

		 =	photon	flux	[photons/sec]	

The	detector	has	internal	gain	since	the	recombination	lifetime	 	and	the	transit	

time	 	differ.	For	example,	referring	to	Figure	2.10(c),	if	the	electrons	travel	faster	

than	the	holes	and	the	recombination	lifetime	of	the	electrons	and	holes	is	long,	as	

the	electrons	and	holes	travel	to	the	opposite	sides	of	the	photoconductor,	the	

electron	will	complete	its	trip	before	the	hole,	which	forces	the	external	circuit	to	

provide	an	additional	electron.		The	process	may	repeat	many	numbers	of	times	

until	the	electron	recombines	with	the	hole.			

Photoresistors	have	a	zigzag	pattern	as	shown	in	Figure	2.10(b)	in	order	to	

maximize	the	exposed	area	as	well	as	enhance	the	gain	of	the	detector.		

Photoresistors,	however,	cannot	be	used	to	determine	precise	light	levels.		They	

have	a	limited	bandwidth	and	limited	sensitivity.		The	NEP	of	photoresistor	does	not	

typically	exceed	3	x	10‐9	W/sm/Hz1/2.	

Photodiodes/PIN	photodiodes		

A	Photodiode	is	a	fast,	highly	linear	photon	detector	with	high	quantum	efficiency.		

It	is	a	semiconductor	device	where	a	P‐layer	and	N‐layer	regions	form	a	p‐n	junction	

which	is	the	basic	element	of	a	photodiode.		By	controlling	the	thickness	of	these	

layers	as	well	as	the	dopant	concentration	in	the	layers,	the	spectral	and	frequency	

response	of	the	photodiode	can	be	controlled	to	fit	various	applications.		Figure	2.11	

shows	a	schematic	of	the	cross	section	of	a	typical	photodiode.		
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Figure	D.11:	Schematic	of	Si	Photodiode	Cross	Section	[37]	

Light	(with	sufficient	energy)	incident	on	a	photodiode	generates	electron‐hole	

pairs	throughout	the	photodiode	in	proportion	to	the	light	level.	Due	to	the	dopant	

concentration	which	offers	excess	electrons	in	the	n‐layer	and	excess	holes	in	the	p‐

layer,	the	electron‐hole	pairs	distribute	themselves	in	such	a	manner	which	results	

in	an	accumulation	of	positive	charge	in	the	P‐layer	and	a	negative	charge	in	the	N‐

layer.		If	connected	to	a	circuit,	electrons	will	flow	away	from	the	N‐layer	side	and	

holes	will	flow	away	from	the	p‐layer	type	resulting	in	an	electric	current	in	the	

circuit.			

While	the	electrons	and	holes	rearrange	themselves	in	the	PN	junctions,	a	depletion	

region	that	is	free	of	excess	carriers	(no	holes	or	electrons)	is	created.		Adding	a	

voltage	potential	across	the	PN	junction	of	the	device	creates	an	additional	electric	

field	which	in	turn,	enables	a	larger	depletion	region	and	aids	in	transporting	the	

carriers	to	their	respective	terminals;	holes	are	transported	to	the	anode	side	(p‐

layer)	and	electrons	are	transported	to	the	cathode	side	(n‐layer).				
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A	PIN	photodiode,	shown	in	Figure	D.12(b),	is	similar	to	an	ordinary	photodiode	

except	it	has	an	additional	intrinsic	(un‐doped)	layer	sandwiched	between	the	p	and	

n	layers	and	is	thus	called	p‐i‐n	or	PIN	photodiode.		This	region	provides	better	and	

smoother	depletion	region	which	has	advantages	over	ordinary	photodiodes	and	

will	be	discussed	later	in	this	section.		

When	light	is	incident	on	the	photodetector,	photons	that	are	absorbed	in	the	

depletion	region	or	the	intrinsic	region	in	a	PIN	photodiode	create	electron–hole	

pairs,	most	of	which	contribute	to	the	photocurrents.		These	electron‐hole	pairs	are	

swept	from	the	junction	by	the	electric	field	where	holes	move	toward	the	anode	

and	electrons	move	toward	the	cathode,	thus,	generating	a	photocurrent.			

	

Figure	D.12:	(a)	photons	illuminating	an	ideal	reverse‐biased	p‐n	photodiode,	(b)	

PIN	photodiode	operation,	(c)	forward‐biased	(photovoltaic)	operation	of	a	

photodiode,	(d)	reverse	biased	operation	of	a	photodiode	
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A	p‐n	junction	allows	current	to	flow	easily	in	one	direction	(forward	biasing)	but	

hardly	at	all	in	the	other	direction	(reverse	biasing).		In	forward	biasing	mode	

depicted	in	Figure	D.12(c),	also	may	be	known	as	zero‐bias	mode,	the	detector	

generates	current	as	light	is	absorbed	by	the	detector.		This	mode	of	operation	

requires	no	biasing	voltage	and	it	is	said	that	the	detector	is	operating	in	the	

photovoltaic	region.		This	mode	has	the	advantage	that	the	dark	current	is	kept	at	a	

minimum.		However,	the	maximum	speed	is	not	achieved.	

In	reverse	biasing	mode,	as	shown	in	Figure	D.12(d)	an	external	reverse	voltage	bias	

is	applied,	which	increases	the	width	of	the	depletion	region,	resulting	in	an	increase	

in	responsivity	and	a	decrease	in	junction	capacitance	which	leads	to	an	increase	in	

the	response	time	of	the	detector.		Detectors	operating	in	reverse	bias	mode	are	said	

to	operate	in	the	photoconductive	mode.		The	output	signal	in	this	mode	is	highly	

linear.		The	dependence	of	the	photocurrent	on	the	light	power	can	be	very	linear	

over	six	or	more	orders	of	magnitude	of	the	light	power,	e.g.	in	a	range	from	a	few	

nanowatts	to	tens	of	milliwatts	for	a	silicon	p–i–n	photodiode	with	an	active	area	of	

a	few	mm2	[48].		However,	this	mode	has	a	higher	dark	current	contribution	to	the	

output	signal	resulting	in	a	slightly	less	sensitive	detector	compared	to	the	forward	

(zero)	biased	mode.			

Junction	capacitance	and	shunt	resistance	are	both	important	properties	of	a	

photodiode.		Junction	capacitance	is	the	capacitance	caused	by	storage	of	charge	

across	the	PN	junction.	It	depends	mainly	on	the	thickness	of	the	depletion	region.		

Increasing	the	reverse	bias	voltage	increases	the	thickness	of	this	region	which	in	

turn	reduces	the	junction	capacitance	resulting	in	an	increase	of	the	detector’s	
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response	time.		The	junction	capacitance	is	also	a	function	of	the	resistivity	of	the	

silicon	and	the	active	area	size	of	the	detector.		Shunt	resistance	is	the	resistance	of	

the	zero‐biased	photodiode.		Although	an	ideal	photodiode	has	an	infinite	shut	

resistance,	actual	values	range	from	10	ohm	up	to	109	ohms	[131].		

The	advantage	of	a	PIN	photodiodes	over	ordinary	photodiodes	is	that	the	intrinsic	

region	between	the	pn	junctions	provides	several	advantages:		

1‐ Increasing	the	width	of	depletion	layer	increases	the	light	sensitive	area	of	

the	detector.		

2‐ Increasing	the	width	of	depletion	layer	reduces	the	junction	capacitance	and	

thereby	improves	the	RC	time	constant	

One	of	the	disadvantages	of	photodiodes	is	that	they	provide	no	internal	gain	

mechanism.		One	photon	generates	a	single	electron‐hole	pair.		Therefore,	these	

detectors	must	use	an	amplifier	circuit	in	order	to	amplify	the	output	signal	and	

detect	low	light	levels.		Furthermore,	in	order	to	detect	a	signal,	the	incident	light	

must	be	larger	than	the	inherent	noise	of	the	detector.		With	photodiode,	noise	

limits	the	sensitivity	of	these	detectors	in	room‐temperature	to	several	hundred	

photons	[38].			

Photodiodes	are	fabricated	with	different	materials,	each	of	which	results	in	

different	photodiode	characteristics.		Table	D.4	below	shows	some	of	the	most	

common	materials	used	in	building	photodiode	detectors	along	with	some	of	their	

basic	characteristics.		 

Material Dark Current Speed Sensitivity Cost 
Silicon (Si) Low High Speed 400 - 1000 nm Low 

Germanium (Ge) High Low Speed 900 - 1600 nm Low 
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Material Dark Current Speed Sensitivity Cost 
Gallium Phosphide (GaP) Low High Speed 150 - 550 nm Moderate

Indium Gallium Arsenide (InGaAs) Low High Speed 800 - 1800 nm Moderate

Indium Arsenide Antimonide (InAsSb) High Low Speed 1000 - 5800 nm High 

Extended Range Indium Gallium Arsenide 
(InGaAs) 

High High Speed 1200 - 2600 nm High 

Mercury Cadmium Telluride (MCT, 
HgCdTe) 

High Low Speed 2000 - 5400 nm High 

Table	D.4:	Different	photodiode	materials	and	their	properties	[131]	

A	photodiode	noise	is	equal	to	the	sum	of	the	thermal	(Johnson)	noise	of	the	

detector,	shot	noise	due	to	the	dark	current,	and	shot	noise	due	to	the	photocurrent:	

. 	 . 	 . 	 . 	

,	where		

. 	
4 	 	

	

,	where:		

k		 =	the	Boltzmann’s	constant	[J/K],		

T		 =	the	absolute	temperature	of	the	photodiode	[K],		

B		 =	the	noise	bandwidth	of	the	photodiode	[Hz]	

		 =	is	the	shunt	resistance	of	the	photodiode	at	zero	bias	 	

. 	 2 	

,	where:		

e		 	 =	the	electron	charge,		

Imeandarkcurrent		 =	the	photodiode	dark	current,		

. 	 	 2 	
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,	where:		

Imeanhotocurrent		 =	the	current	generated	by	the	incident	light.				

When	Imeanphotocurrent	>>	Imeandarkcurrent	,	then	the	photocurrent	shot	noise	dominates	

over	the	dark	current	shot	noise.		

For	an	unbiased	photodiode,	there	is	no	dark	current	contribution	and	the	signal‐to‐

noise	ratio	can	be	calculated	from:		

	
.

	
4 	 	 2

	

For	light	levels	greater	than	the	NEP,	the	signal‐to‐noise	ratio	can	be	approximated	

as:		

| ≫ 	
2

	

,	which	is	very	similar	to	the	case	of	PMT	detectors.		

NEP	for	a	photodiode	at	zero	bias	can	be	calculated	from	the	following	equation:		

	 	

4 	 	

	

,	where	is	the	 	is	the	photo	sensitivity	in	Amperes/Watt	

For	a	1	cm2	active	area	detector,	a	typical	value	of	NEP	is	around	10‐12	W/Hz‐0.5	[36].		

The	NEP	value	is	a	strong	function	of	temperature	due	to	the	direct	temperature	

dependence	and	due	to	the	dependence	of	the	shunt	resistance	Rsh	on	the	

temperature.		Also,	smaller	area	detectors	can	reach	a	higher	NEP	value	of	around	

10‐15	W/Hz‐0.5.			



218	
	

Adding	a	bias	voltage	may	slightly	increase	the	sensitivity	of	the	photodiode	but	will	

also	increase	the	dark	current,	thus,	decreasing	the	NEP	value.			

The	response	time	of	a	photodiode	is	the	time	required	for	the	output	signal	to	

change	from	10%	to	90%	of	the	peak	output	and	is	governed	by	the	1)	t1:	time	

constant	of	the	capacitance	and	load	resistance	of	the	detector,	2)	t2:	time	needed	

for	carriers	generated	outside	depletion	region	to	diffuse	through	depletion	region	

and	contribute	to	the	generated	output	(diffusion	time),	3)	t3:	time	needed	for	

carriers	to	travel	through	the	device	and	contribute	to	the	current	output.		The	total	

rise	time	is	thus:		

	 1 2 3 	

The	smaller	the	photodiode,	the	smaller	the	rise	time.		Typical	rise	times	for	a	

regular	photodiodes	are	about	~1	µs	whereas	rise	times	as	fast	1	ns	can	be	found	for	

small‐area	PIN	type	photodiodes.		

Avalanche	photodiodes		

Avalanche	photodiode	detectors	(APDs)	are	another	type	of	semiconductor	based	

detectors.		These	detectors	are	similar	to	photodiodes	except	that	they	improve	the	

detectors’	performance	by	utilizing	a	gain	mechanism	that	amplifies	the	number	of	

electron‐hole	pairs	created	from	photons.			

APD	are	PIN	photodiodes	with	an	additional	p‐layer	sandwiched	between	the	i‐n	

junctions	as	shown	in	Figure	D.13.		A	very	high	electric	field	is	created	when	a	high	

reverse	bias	voltage	is	applied	across	the	junction.		Electron‐hole	pairs	are	created	

as	photons	are	absorbed	in	the	depletion	region.		As	the	electrons	are	transported	to	

one	terminal	of	the	junction,	they	collide	with	the	atomic	lattice.			Since	the	electric	
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field	is	so	large,	the	electron	gains	enough	energy	that	collisions	with	the	lattice	

causes	it	to	release	additional	electrons	via	secondary	(or	impact)	ionization.		This	

multiplication	process	creates	an	avalanche	of	electron‐hole	pairs.		The	original	

charge	is	amplified	by	a	factor	of	20	to	1000	depending	on	the	magnitude	of	the	

reverse	voltage	applied.		The	charge	multiplication	is	called	the	avalanche	effect	and	

hence	the	name	of	the	detector.				

	

Figure	D.13:	(a)	Avalanche	photodiode	(b)	i/V	photodiode	relation	showing	break	

down	region	(c)	Gain	vs.	bias	voltage	for	photodiodes	

This	mode	of	operation	is	called	the	non‐Geiger	mode	where	the	avalanches	are	

limited	by	the	reverse	voltage.		Another	mode	of	operation	that	is	discussed	in	more	

detail	with	single	photon	avalanche	diode	detectors	increases	the	reverse	voltage	to	

such	a	level	that	a	self‐sustaining	avalanche	is	created.		This	mode	of	operation	is	

referred	to	as	Geiger	mode.			
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In	both	modes	of	operation,	the	sudden	increase	and	the	self‐amplifying	current	can	

easily	damage	the	device.		Therefore,	precautions	have	to	be	taken	in	order	to	avoid	

high	currents	which	would	damage	the	device.		

In	non‐Geiger	mode,	the	APD	output	is	proportional	to	the	incident	light.		APDs	

however	have	a	limited	dynamic	range	and	are	mainly	used	in	very	low	light	level	

applications.		They	have	good	quantum	efficiency	with	a	spectral	range	between	300	

nm	to	1,000	nm.			

One	of	the	issues	that	plague	APDs	is	the	issue	of	afterpulsing.		Afterpulsing	is	a	

phenomenon	where	phantom	pulses	are	generated	some	time	after	the	generation	

of	the	primary	pulse.		This	is	due	to	electron	charges	being	trapped	in	the	

semiconductor	dopant	during	the	avalanche	caused	by	the	primary	pulse.		These	

trapped	charges	themselves	cause	an	avalanche	which	results	in	a	false	pulse	which	

may	be	regarded	as	a	true	pulse.		While	cooling	the	APD	may	results	in	a	decrease	in	

the	dark	current,	afterpulsing	becomes	more	apparent	at	low	temperatures.		

Therefore,	the	operation	of	an	APD,	which	is	usually	operated	at	‐50	C,	requires	one	

to	find	the	sweet	spot	between	a	minimum	dark	count	and	a	minimum	afterpulse.				

APD	detectors	offer	a	better	sensitivity	than	PIN	photodiodes	while	still	providing	

the	advantage	of	high	quantum	efficiency,	robustness,	and	insensitivity	to	magnetic	

fields.		The	NEP	value	of	APD’s	can	reach10 /√ .		Even	though	APDs	are	very	

sensitive	detectors,	they	are	not	able	to	detect	single	photons.		A	minimum	of	10‐20	

photons	are	needed	for	a	detectable	signal.		Also,	APD	detectors	have	a	high	excess	

noise	factor	due	to	the	stochastic	nature	of	the	avalanche	multiplication	process.		
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The	excess	noise	factor	associated	with	APDs	is	greater	than	2	[42].		Figure	2.14	

shows	the	excess	noise	factor	as	a	function	of	gain.		

	

	

Figure	D.14:	Excess	noise	factor	for	APD	detectors	as	a	function	of	gain	[132]	

Another	drawback	of	using	APD	detectors	is	the	need	for	low	noise	amplifiers	for	

readout	due	to	the	limited	detector	gain	(20‐1000).		Also,	as	the	area	of	the	detector	

increases,	the	capacitance	of	the	junction	increases	which	increases	the	transit	time	

of	the	charge	carriers	implying	a	tradeoff	between	noise	and	timing	and	thus,	the	

larger	the	APD,	the	slower	the	response	time.		Making	a	large	area,	yet	stable	APD	is	

not	trivial	[117].				

The	response	time	of	an	APD	is	governed	by	the	time	constant	of	the	capacitance	

and	load	resistance	of	the	detector	(CR	time	constant)	and	time	needed	for	carriers	

to	travel	through	the	device	and	contribute	to	the	current	output	which	is	usually	
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dictated	by	the	CR	time	constant.		Depending	on	their	size,	APD	detectors	are	able	to	

achieve	a	high	bandwidth	than	can	reach	up	to	1GHz.	

The	major	noise	contribution	in	an	APD	is	due	to	excess	noise	which	is	the	noise	due	

to	statistical	fluctuations	of	the	ionization	rate	during	the	APD	multiplication	

process.			

The	APD	sensitivity	is	limited	by	the	shot	noise	(due	to	random	statistical	

fluctuations	of	the	dark	current)	and	by	the	APD	leakage	current.			The	APD	shot	

noise	is	larger	than	that	of	a	typical	PD	or	PIN	photodiode:		

. .

	 	 			

	 2 	 	 	 	 2 	 	 	 	2 	 	 	 	 	

	 2 	 	2 	 	 	 	

,	where		

e		 	 	 =	the	electron	charge,		

		 =	photocurrent	generated	at	M=1	due	to	photons	(prior	to	

multiplication),	 	 	 =	dark	current	component	multiplied,		

B		 	 	 =	bandwidth,		

M		 	 	 =	multiplication	ratio	(gain),		

F		 	 	 =	excess	noise	factor,		

		 	 =	dark	current	components	not	multiplied.			

Ignoring	background	shot	noise,	the	signal	to	noise	ratio	can	be	calculated	from:		
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2 	 	2 	 	 	

In	most	cases,	the	lower	limit	of	light	detection	is	determined	by	the	thermal	

(Johnson)	noise	due	to	the	load	resistor	connected	to	the	APD	detector.		From	the	

equation	above,	and	figure	2.15	below,	a	signal	can	be	multiplied	without	increasing	

the	total	noise	until	the	shot	noise	reaches	a	level	equal	to	the	thermal	noise	[35].			

	

Figure	D.15.	APD	noise	characteristics		[35]	

APDs	are	characterized	by	high	detection	efficiency	(80%)	and	typical	dark	count	

rate	for	an	APD	at	room	temperature	is	below	1000	counts/sec.		Cooling	the	

detector	reduces	the	dark	counts	exponentially.		However,	cooling	will	also	increase	

the	after‐pulsing	of	the	detector	and	a	balance	must	be	established	between	dark	
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count	rates	and	after‐pulsing.		Excess	noise	factor	for	APD’s	is	rather	very	large	

(larger	than	2	and	increases	with	higher	gain).		The	table	below	shows	excess	noise	

factor	for	different	types	of	APD.			

Detector	Type	 Typical	Gain	(M)	 Excess	Noise	Factor	(ENF)

Silicon	(reach	through	

structure)	

150	 4.9	

Silicon	(SLiKTM	structure)	 500	 3	

Germanium	 10	 9.2	

InGaAs	 10	 5.5	

Table	2.5:	Excess	noise	factor	for	different	APD	detectors	

The	typical	size	of	an	APD	is	below	1	x	1	mm2.		Such	detectors	can	reach	a	cutoff	

frequency	of	around	1	GHz.		APD’s	as	large	as	of	10	x	10	mm2	can	be	found	but	with	

a	much	slower	response	(<10MHz).			Figure	2.16	shows	a	typical	APD	circuit.		The	

main	components	of	the	circuit	are	a	power	supply	to	apply	the	reverse	biasing,	a	

load	resistor	that	limits	the	current	in	the	circuit	in	order	to	avoid	damaging	the	

detector,	and	an	amplifier	circuit	to	amplify	the	detector	output	further.			

	

Figure	D.16	[132]	
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Single	photon	Avalanche	Photodiodes		

Single	photon	avalanche	photodiodes	(SPADs),	also	known	as	Geiger‐mode	APD,	are	

semiconductor	based	photon	detectors	that	can	detect	low	intensity	signals	down	to	

the	single	photon	level.		These	detectors	are	essentially	APD	detector	except	that	

they	are	biased	above	the	breakdown	voltage	as	shown	in	Figure	D.17.		Biasing	

above	the	breakdown	voltage	causes	a	photon	to	trigger	a	self‐sustaining	avalanche	

multiplication	throughout	the	volume	of	the	detector	which	breaks	the	

semiconductor	junction	and	essentially	transforms	the	detector	into	a	conductor.		

Thus,	a	single	photon	is	transformed	into	a	macroscopic	current	flow.		In	APDs,	only	

the	electrons	participate	in	the	avalanche	process.		In	the	Geiger‐mode,	however,	

both	electrons	and	holes	are	involved	in	the	multiplication	process.		This	inherent	

gain	mechanism	enables	detection	of	single	photons.			

	

Figure	D.17:	Linear	mode	and	Geiger	mode	photodiode	operation	modes	

A	detector	that	is	triggered	once	is	not	a	very	useful	detector	and	therefore,	a	reset	

mechanism	is	needed	to	stop	the	avalanche	and	avoid	any	detector	damage.		

Stopping	the	avalanche	is	called	avalanche	quenching,	which	plays	an	important	role	

in	the	operation	speed	of	the	detector.	

Quenching	basically	consists	of	lowering	the	bias	voltage	below	the	breakdown	

voltage	for	a	period	of	time	in	order	to	stop	the	Geiger	discharge.		Three	different	
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quenching	approaches	are	available	with	SPAD	detectors.		The	simplest	and	most	

cost	effective	approach	is	to	place	a	resistor	in	series	with	the	detector.		Once	the	

detector	is	triggered,	the	large	current	would	flow	through	the	resistor	resulting	in	a	

voltage	drop	across	both	the	resistor	and	detector,	thus	quenching	the	detector.		

This	is	referred	to	as	passive	quenching	and	is	shown	in	Figure	2.18	below.		A	

quenching	resistor	connected	to	a	SPAD	configures	the	circuit	to	output	a	pulse	at	a	

constant	level	when	it	detects	a	photon.		Also,	the	dead	time	is	very	well	defined.		

The	disadvantage	of	this	approach	is	that	it	limits	the	count	rate	to	around	105	

counts/second.			

	

Figure	D.18:	SPAD	operating	circuit	with	passive	quenching	resistor	

The	second	quenching	approach,	referred	to	as	active	quenching,	uses	dedicated	

electronic	circuits	to	lower	the	bias	voltage	below	the	breakdown	voltage	for	a	

certain	period	of	time	until	the	detector	is	quenched.		This	approach	improves	

timing	accuracy	as	well	as	it	reduces	dead	time	of	the	detector	recovery,	thus,	

enabling	higher	count	rates	exceeding	106	counts/sec.		Figure	D.19	shows	examples	

of	active	quenching.	As	can	be	seen	from	these	circuits,	active	quenching	is	more	
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complicated	and	requires	careful	design	to	avoid	issues	such	as	circuit	oscillations,	

improver	timings,			

	

Figure	D.19:	Examples	of	SPAD	active	quenching	circuits	

SPAD	detectors	are	essentially	binary	detectors:	they	are	either	‘on’	or	‘off’.		They	

cannot	distinguish	between	a	single	photon	and	multiple	photons	that	arrive	

simultaneously	on	the	detector	–	they	cannot	be	used	to	measure	magnitude	of	light	

intensity	(photon	flux)	directly.		These	detectors	can	be	used	with	photon	counting	

techniques	at	very	weak	light	levels	as	they	have	very	fast	rise	time.		However,	the	

recovery	time	of	these	detectors	is	usually	slow	and	extend	from	few	nanoseconds	

up	to	100’s	of	nanoseconds.			

In	order	to	calculate	the	efficiency	of	SPAD	detectors,	a	measure	other	than	quantum	

efficiency	(QE)	is	used	that	takes	the	probability	of	forming	an	avalanche	into	

consideration.		Photon	detection	efficiency	is	defined	as	the	product	of	the	quantum	

efficiency	(probability	to	produce	an	electron‐hole	pair)	times	the	probability	of	the	

electron‐hole	pair	triggering	an	avalanche	in	the	detector	material:	PDE	=	QE	*	PA	

SPAD	detectors	have	a	high	PDE	and	low	dark	counts.		Cooling	the	detector	reduces	

the	dark	count	exponentially	and	allows	the	detector	to	be	used	for	photon	counting	
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applications.		After‐pulsing	caused	by	trapped	carriers	remains	a	problem,	and	

overall,	these	detectors	are	limited	to	count	rates	in	the	tens	of	MHz.			

SPAD	detectors	are	only	useful	for	very	small	area	detectors	(100	–	10,000	um2)	

since	dark	counts	caused	by	thermal	generation	can	reach	up	to	6	x	108	per	second	

per	cm2	for	a	450	um	thick	fully	depleted	silicon	[42]	[12].		In	fact,	a	typical	PMT	

with	an	active	area	of	2.5cm	produces	around	1000	electrons/s	at	room	

temperature	whereas	a	SPAD	with	an	active	area	of	around	200um	is	required	to	

produce	the	same	dark	count.		The	density	of	dark	counts	for	a	PMT	detector	is	<	

200	electrons/cm2	s	while	this	number	is	<	4x106	electrons/cm2s	for	a	typical	SPAD	

detector.		The	small	detector	size	is	acceptable	for	applications	which	can	focus	the	

light	into	the	detector	area.		

Noise	in	SPAD	is	due	to	statistics	of	dark	counts	and	photons.		The	inherent	high	

gain	of	these	detectors	enables	the	use	of	low	gain	amplifiers	which	adds	very	little	

noise	to	the	process,	thus,	making	these	detectors	great	for	photon	counting	

applications.		

NEP	for	SPAD	detectors	can	be	found	using	the	equation[133]:		

	 	 / 	 	

,	where:		

		 =	Plank’s	constant		

		 =	the	frequency	of	the	light	

PDE		 =	the	photon	detection	efficiency	
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Ndark		 =	the	number	of	dark	counts/second	

t		 =	the	integration	time.	

Typical	NEP	values	for	SPAD	detectors	can	reach	as	high	as	10‐15	WHz‐0.5.	[134]	

[135]	

Silicon	PMT	

The	silicon	photomultiplier	is	a	novel	semiconductor	detector	which	consists	of	an	

array	of	SPAD	detectors	in	parallel	as	shown	in	Figure	D.20.		Each	SPAD	represents	

one	pixel	(also	referred	to	as	a	microcell)	of	the	SiPM	detector	that	is	capable	of	

detecting	single	photons.		SiPM	detectors	are	known	by	many	names	in	the	

literature	where	some	of	the	common	ones	include	multipixel	photon	counter	

(MPPC),	pixelized	photon	detector	(PPD),	multipixel	Geiger‐mode	avalanche	

photodiode	(MPGM	APD),	Geiger‐mode	avalanche	photodiode	(G‐APD),	solid	state	

photomultiplier	(SSPM),	etc.		These	detectors	overcome	the	weakness	of	the	smaller	

size	of	SPAD	detectors		

	

Figure	D.20:	SiPM	detector	showing	SPAD	array		

When	the	photon	flux	is	low	and	photons	arrive	at	intervals	longer	than	the	

recovery	time	of	a	pixel,	the	output	of	a	SiPM	detector	will	be	pulses	that	are	equal	

to	a	single	photoelectron	and	photon	counting	can	be	used	to	count	the	number	of	
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photons	and	deduce	the	intensity	of	light.		Note	that	all	the	pixels	are	connected	to	a	

single	readout	channel.		When	the	photon	flux	is	high	or	the	photons	arrive	in	short	

pulses	with	intervals	less	than	the	recovery	time	of	a	pixel,	the	output	pulses	from	

the	pixels	will	overlap	each	other	and	create	a	larger	pulse	as	shown	in	figure	D.21	

below	for	2	and	3‐photoelectron	pulses	[40].		This	pseudo‐analog	output	can	

measure	the	number	of	photons	per	pulse	which	is	not	possible	with	SPAD	detectors.		

By	measuring	the	height	or	by	integrating	the	area	of	each	pulse,	the	number	of	

photons	detected	can	be	estimated	and	the	photon	flux	can	be	measured.			

	

Figure	D.21:	Pulse	waveform	for	different	number	of	photoelectrons		

In	order	to	calculate	the	efficiency	of	SiPM	detectors,	the	photon	detection	efficiency	

takes	the	fill	factor	into	consideration	and	is	defined	as:		

PDE(λ,V)	=	QE(λ)ε	(V)GE	

,	where		

QE		 =	the	quantum	efficiency,		

ε		 =	the	avalanche	initiation	probability,		

GE		 =	the	geometrical	efficiency	(fill	factor)	which	reflects	the	fraction	of	
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photosensitive	surface	of	the	device	due	to	the	fact	that	each	pixel	is	surrounded	by	

some	strip	of	insensitive	material	separating	the	pixels	from	each	other.			

The	PDE	of	three	similar	SiPM	detectors	but	with	different	fill	factor	is	shown	in	the	

figure	below.			

	

Figure	D.22:	PDE	curve	for	SiPM	detectors	with	different	pixel	numbers	[REF]	

Typical	pixel	size	varies	between	20‐100um	with	a	pixel	density	between	100	and	

1000	per	mm2	(highest	density	achieved	so	far	is	around	1600	pixel	per	mm2).		

Typical	active	areas	range	between	1x1	to	3x3	mm2.		SiPM	detectors	have	numerous	

advantages:		they	are	solid	state	devices,	compact,	rugged,	durable,	require	low	bias	

voltage	(<100V)	and	low	power	consumption,	low	cost	(<$300),	easy	to	use,	high	

photon	detection	efficiency	(PDE		~	20%	and	increasing	with	a	potential	of	reaching	

70%),	high	gain	(105	~	106),	good	speed	response	(300	–	900	nm),	good	time	

resolution,	have	a	wide	spectral	response	range,	have	no	burn	in	phenomena	that	

might	occur	due	to	light	saturation,	they	tolerate	accidental	illumination,	and	can	be	

used	for	photon	counting.		Also,	these	detectors	are	insensitive	to	magnetic	fields	up	

to	15	Tesla.		Another	distinguishing	feature	of	these	detectors	is	their	ability	to	

resolve	the	number	of	photons	striking	the	detector.		The	pulse	height	spectrum	



232	
	

(PHD)	of	a	SiPM	detector	shows	a	resolution	better	than	most	photon	detectors.		An	

example	PHD	curve	is	shown	in	Figure	2.23.			

	

Figure	D.23	[43]	

These	detectors,	however,	do	have	few	drawbacks.		Their	dynamic	range	is	limited	

by	the	number	of	available	pixels	–	the	output	signal	is	proportional	to	the	number	

of	triggered	pixels	for	as	long	as	the	number	of	incident	photons	in	a	pulse	(Nphoton)	

times	the	PDE	is	smaller	than	the	number	of	available	pixels	(NAvailable)				

1
	∙	

)	

Figure	2.24	shows	simulation	of	the	response	for	a	1000	and	3600	pixel	SiPM	

detectors	when	uniformly	illuminated	with	50ns	duration	light	pulses	of	increasing	

brightness.		At	low	signal	levels,	the	SiPM	output	is	linear.		After	a	certain	point,	the	

response	becomes	sub‐linear	since	as	the	number	of	photons	increase,	and	the	

probability	of	two	or	more	photons	interacting	with	the	same	pixel	at	the	same	time	

increases.		As	the	number	of	photons	increase,	the	output	will	then	saturate.			
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Figure	D.24:	Linearity	for	SIPM	detectors	with	3600	and	1000	pixels	[43]	

Also,	their	dark	count	rate	is	high.		Dark	counts	are	caused	by	thermally	generated	

electrons	afterpulsing,	and	optical	cross	talk	where	thermally	generated	electrons	

are	the	dominant	continuator	for	SiPM	detectors.		At	room	temperature,	typical	dark	

count	rates	are	105‐106	counts	per	second	per	mm2	[42]	[42]		The	dark	pulses	have	a	

Poisson	distribution	in	time	and	so	the	noise	contribution	is	the	square	root	of	the	

dark	count	rate.		Reducing	the	volume	of	the	detector	or	cooling	the	detector	will	

reduce	the	dark	counts	significantly.		Another	method	that	combats	dark	counts	is	to	

use	a	discriminator	and	set	its	threshold	value	above	the	single	electron	level	which	

improves	the	dark	count	rate	substantially.		Figure	D.25	below	shows	effect	of	

setting	different	discriminator	threshold	values	
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Figure	D.25.	Dark	count	rate	of	a	1mm,	35um	microcell	SPM	as	a	function	of	

discriminator	threshold	for	different	over‐voltage	levels	[43].	

However,	reducing	the	temperature	further	may	enhance	dark	counts	caused	by	

afterpulsing.		Afterpulsing	was	discussed	with	APD	and	SPAD	detectors	and	it	is	

virtually	the	same	as	in	SiPM	detectors.			

Optical	cross	talk	is	another	issue	that	plagues	SiPM	detectors	where	an	avalanche	

in	one	pixel	will	initiate	another	avalanche	in	a	neighboring	pixel.		During	avalanche	

multiplication,	carriers	near	the	junction	emit	photons	as	they	are	accelerated	by	

the	high	electric	field.		Three	photons	with	energy	higher	than	1.14	ev	are	emitted	

for	105	carriers	during	an	avalanche	breakdown	[44].		Increasing	the	discriminator	

threshold	reduces	the	dark	count	rate	including	dark	counts	due	to	optical	cross	talk.			

The	breakdown	voltage	and	the	dark	count	rate	are	both	a	function	of	temperature.		

Temperature	stabilization	may	be	required	for	some	applications	using	these	

detectors.		Finally,	NEP	values	for	SiPM	can	reach	as	low	as	0.5x10‐15W/Hz0.5	[45]	

CCD	and	ICCD		

Charged‐coupled	devices	(CCDs)	are	a	silicon‐based	semiconductor	consisting	of	a	

dense	matrix	of	biased‐photodiodes.		The	electrons	generated	from	photons	striking	
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the	detector	material	are	stored	in	potential	wells	and	are	transferred	across	the	

chip	through	registers	to	amplifiers	that	convert	the	charge	into	a	voltage	signal	

which	is	directly	related	to	the	photon	flux	hitting	the	pixels.			

There	are	different	architectures	to	transfer	the	electrons	from	the	wells	to	the	

amplifier	such	as	frame	transfer	CCDs	(FT	CCDs),	full	frame	transfer	CCDs	(FFT	

CCDs),	interline	transfer	CCDs	(IT	CCDs),	and	frame	interline	transfer	CCDs	(FIT	

CCDs).		All	these	techniques	utilize	registers	in	order	to	store	and/or	move	the	

stored	charges	from	a	pixel	to	the	amplifier.		Different	architectures	have	different	

advantages.		The	architectures	are	beyond	the	scope	of	the	thesis	and	will	not	be	

discussed	here.			

The	main	sources	of	noise	in	a	CCD	detector	include:	

1‐ fixed	pattern	noise	(Nfixedpatternoise)	due	to	pixel	non‐uniformities.		This	noise	

appears	as	blemishes	on	the	captured	image.		

2‐ Photon	shot	noise	(Nphotocurrentshotnoise)	due	to	the	inherent	statistical	variation	

of	the	arrival	of	photons	incident	on	the	CCD:		

	 	

,	where:		

		 =	quantum	efficiency,		

P		 =	input	photon	flux	

3‐ Background	photons	shot	noise	(Nphotocurrentshotnoise)	due	to	contribution	of	

unwanted	backgrounds	light	photons	that	may	find	their	way	to	the	CCD:		

	 	

,	where:		
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		 =	the	quantum	efficiency,		

B		 =	the	background	photons	flux	

4‐ Dark	current	shot	noise	(Ndarkcurrentshotnoise)	caused	by	the	statistical	variation	

in	the	number	of	electrons	thermally	generated	within	the	silicon	structure:		

	 √ 	

,	where:		

D		 =	the	dark	current	in	electrons/pixel/sec	

t		 =	the	exposure	time	in	seconds	

5‐ Readout	noise	(Nreadoutnoise):	This	is	the	error	produced	during	the	process	of	

quantifying	the	electronic	signal	on	the	CCD.		It	is	caused	by	the	conversion	of	

charges	into	a	voltage	signal	via	the	on‐chip	preamplifier	as	well	as	spurious	

charges	arising	in	the	CCD.			

The	total	noise	can	be	expressed	as		

.

	

Thanks	to	advances	in	semiconductor	manufacturing	processes,	the	fixed	pattern	

noise	can	be	ignored	and	the	signal	to	noise	ratio	can	be	calculated	as:		

	
.

		 	

	 	 	 	 	
	

Figure	D.26	below	shows	the	characteristics	of	these	noise	sources	as	a	function	of	

exposure	time.		Both	the	dark	current	shot	noise	and	readout	noise	are	not	affected	
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by	the	exposure	time,	i.e.	regardless	of	the	number	of	incident	photons	or	the	

acquisition	time,	these	noise	sources	are	constant.			

	

Figure	D.26:	Characteristics	of	the	noise	sources	for	a	typical	CCD	sensor	[136]	

At	very	low	exposure	levels	and	short	exposure	times,	the	noise	is	dominated	by	the	

readout	noise	of	the	detector	and	the	signal	to	noise	ratio	can	be	simplified	to:		

	
		 	

	

In	a	steady‐state	signal,	the	detected	photon	signal	increases	with	longer	exposure	

times.		At	high	exposure	levels,	the	noise	is	dominated	by	the	fixed	pattern	noise.		At	

room	temperature,	the	detection	limit	is	mostly	affected	by	the	dark	current.		The	

dark	current	shot	noise	can	be	dramatically	reduced	by	cooling	the	CCD	detector	

leaving	the	readout	noise	as	the	limiting	factor	in	low	exposure	signal	detection	in	

cooled	CCD	detector	types.		By	integrating	over	a	longer	period	of	time,	the	photon	

shot	noise	dominates	over	the	readouts	as	well	as	the	dark	count	noise,	leaving	an	

image	that	is	said	to	be	“photon	limited”.		

The	signal‐to‐noise	ratio	will	vary	with	different	operating	conditions	such	as	

temperature	and	integration	time.		Another	means	of	increasing	the	SNR	is	via	
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binning.		Binning	combines	the	charges	from	adjacent	pixels	in	a	CCD	during	readout	

into	a	single	“super‐pixel”.		This	method	enables	CCD’s	to	reach	photon‐noise‐

limited	conditions	more	quickly	at	the	expense	of	spatial	resolution.		For	M	binned	

pixels,	the	signal‐to‐noise	ratio	can	be	rewritten	as:		

	
		 	

	 	 	 	 	
	

CCD	cameras	do	not	have	a	very	large	speed	response	with	a	typical	response	below	

1MHz.		The	limiting	factor	in	the	speed	response	of	the	CCD	camera	is	the	on‐chip	

charge	amplifier.		In	order	to	allow	for	a	high	speed	operation,	the	bandwidth	of	the	

amplifier	must	be	very	wide.		However,	the	noise	scales	with	the	bandwidth	of	the	

amplifier,	and	hence,	higher	speed	amplifiers	result	in	higher	noise.		

Various	technical	innovations	have	been	implemented	on	the	CCD	detector	in	order	

to	allow	for	extremely	low	light	level	detection.		For	example,	detecting	a	signal	level	

below	the	readout	noise	of	the	CCD	can	be	done	by	cooling	the	detector	to	suppress	

dark	current	noise	and	by	integrating	over	a	long	time	until	the	signal	accumulates	

and	becomes	greater	than	the	readout	noise	[137].		Employing	multipinned	phase	

(MPP)	technology	is	able	to	reduce	the	dark	current	even	further.		The	limiting	

factor	of	CCD	cameras	is	their	readout	noise	which	is	especially	true	at	high	speed	

rates	where	it	becomes	unacceptable.			

In	order	to	allow	for	low	light	level	detection,	different	CCD	technologies	have	used	

a	different	mechanisms	to	overcome	the	CCD	readout	noise	limitations.	These	

include:	intensified	CCD	(ICCD),	EB‐CCD,	and	EM‐CCD.			
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In	an	ICCD	camera,	also	known	as	proximity‐focused	image	intensifier,	an	intensifier	

is	placed	in	front	the	CCD	camera	in	order	to	enhance	its	light	detection.		The	main	

components	in	an	ICCD	camera	include	a	photocathode,	a	microchannel	plate	(MCP)	

detector	and	a	phosphor	screen	as	shown	in	Figure	D.27	[138].		

	

Figure	D.27:	Cross	section	of	an	ICCD	camera.	

Photons	in	an	ICCD	camera	strike	the	photocathode	generating	electrons.		These	

electrons	are	multiplied	using	the	MCP	detector	which	has	been	discussed	earlier	in	

this	chapter.		The	number	of	electrons	generated	from	a	single	electron	depends	on	

the	user	controllable	voltage	applied	to	the	MCP.		The	resulting	electrons	strike	a	

phosphor	screen	that	converts	these	electrons	back	to	photons	which	are	then	

incident	on	a	CCD	sensor.		The	phosphor	screen	is	coupled	to	the	CCD	using	a	fiber	

optic	bundle	or	a	high	numerical	aperture	coupling	lens	[138].		

The	intensifier	part	of	the	camera	directly	amplifies	the	input	light,	thereby	

supplying	the	CCD	sensor	with	a	light	intensity	far	above	the	thermal	noise	level.		
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Therefore,	these	cameras	do	not	require	strong	cooling	as	compared	to	conventional	

CCD	cameras	or	to	EM‐CCD	cameras.			

The	EM‐CCD	camera	is	a	new	generation	camera	allowed	by	recent	advances	in	

technology	where	electrons	are	multiplied	within	the	CCD	detector	itself.		Instead	of	

using	an	intensifier	to	amplify	the	light	input	as	in	the	ICCD	camera,	the	EM‐CCD	

amplifies	the	electron‐hole	charge	carriers	that	are	generated	from	photons	striking	

the	detector.		An	EM‐CCD	uses	an	electron	multiplying	structure	that	is	inserted	

between	the	shift	register	and	the	on‐chip	preamplifier	to	amplify	the	generated	

charge	carriers.		Thus,	when	a	photon	hits	the	CCD	and	is	converted	into	an	electron,	

once	the	pixel	charge	is	transferred	to	the	shift	register	for	reading,	it	is	inserted	

into	an	electron	multiplication	register.		In	this	register,	electrons	are	multiplied	via	

impact	ionization	principle;	the	same	principle	that	is	responsible	for	multiplication	

in	an	avalanche	photodiode.		Figure	D.28	shows	the	main	difference	between	CCD	

and	EM‐CCD	cameras	

	

Figure	D.28:	Difference	between	CCD	and	EM‐CCD	cameras	

The	main	advantage	of	EM‐CCD	is	that	the	gain	mechanism	renders	the	readout	

noise	negligible	and	permits	the	detection	of	single	photon‐generated	electrons.		

While	single	photon	detection	is	implemented	with	detectors	such	as	PMT,	SPAD,	

and	SiPM	detectors,	it	has	never	been	available	with	the	high	quantum	efficiency,	
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large	area	and	convenience	of	a	CCD.		In	this	mode,	a	threshold	is	set	above	the	

amplifier	readout	noise	and	all	events	are	counted	as	single	photons.	A	high	fraction	

of	photons	(>90%)	can	be	counted	without	being	effected	by	the	ENF	noise	factor	in	

this	mode.			

Another	advantage	of	EM‐CCD	over	a	typical	CCD	camera	is	the	operation	speed.		

Since	the	electron	charge	is	multiplied	prior	to	the	amplifier	stage	in	an	EM‐CCD,	the	

readout	noise	is	effectively	by‐passed	and	would	no	longer	be	the	limit	on	the	

sensitivity,	thus,	allowing	for	higher	speed	amplifiers	with	minimum	readout	noise.		

The	multiplication	involved	in	an	EM‐CCD	is	similar	to	that	of	APD	detectors.		As	

with	APD,	a	single	photo‐electron	striking	the	detector	can	give	rise	to	a	wide	range	

of	output	signals.		This	statistical	spread	gives	rise	to	the	multiplication	noise	which	

manifests	itself	as	an	excess	noise	factor	(ENF)	in	signal‐to‐noise	ratio	calculations,	

and	can	be	approximated	as	sqrt(2).		The	main	sources	of	noise	in	an	EM‐CCD	

detector,	thus,	are:	

1‐ Photon	shot	noise	(Nphotocurrentshotnoise)	due	to	the	inherent	statistical	variation	

of	the	arrival	of	photons	incident	on	the	CCD:		

	 	

,	where:		

F		 =	excess	noise	factor	

G		 =	electron	gain	

		 =	quantum	efficiency,		

P		 =	input	photon	flux	
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2‐ Background	photons	shot	noise	(Nphotocurrentshotnoise)	due	to	contribution	of	

unwanted	backgrounds	light	photons	that	may	find	their	way	to	the	CCD:		

	 	

,	where:		

		 =	quantum	efficiency,		

B		 =	background	photons	flux	

3‐ Dark	current	shot	noise	(Ndarkcurrentshotnoise)	caused	by	the	statistical	variation	

in	the	number	of	electrons	thermally	generated	within	the	silicon	structure:		

	 	

,	where:		

D		 =	dark	current	in	electrons/pixel/sec	

S		 =	the	spurious	charge	generated	when	electrons	are	created	during	

shifting	of	charges	to	the	multiplication	register	and	is	approximately	equal	

to	one	electron	per	10	pixel	transfers.		This	type	of	noise	is	not	found	in	

typical	CCD	cameras.		This	noise	source	is	also	referred	to	as	the	clock‐

induced	charge.			

t		 =	exposure	time	in	seconds	

4‐ Readout	noise	(Nreadoutnoise)	caused	by	the	conversion	of	charges	into	a	

voltage	signal	via	the	on‐chip	preamplifier	

The	total	noise	can	be	expressed	as		
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An	EM‐CCD	camera	can	be	run	in	conventional	mode	where	there	is	no	gain	

mechanism,	in	electron‐multiplication	mode	where	electrons	are	multiplied	through	

the	avalanche	multiplication	process,	and	in	photon	counting	mode.		In	conventional	

mode,	the	signal‐to‐noise	ratio	is	identical	to	that	of	a	conventional	CCD	camera.		In	

electron	multiplication	mode,	the	signal‐to‐noise	ratio	can	be	found	using:			

	
		 	

	 	 	 	 	

	
		 	

	 	 	 	
	

In	cases	where	the	background	counts	are	eliminated	and	the	camera	is	cooled	

below	‐100C	thus	eliminating	the	dark	current,	the	signal	to	noise	ratio	can	be	

approximated	as:		

	
		 	

	 	
1.4

	

,	assuming	a	typical	excess	noise	factor	of	1.4.		This	is	remarkably	close	to	the	ideal	

SNR	ratio	one	would	expect	from	a	perfect	system	(SNR	=	 )	

Comparing	the	SNR	equations	for	the	CCD	and	EM‐CCD	cameras,	it	can	be	seen	that	

when	the	readout	noise	is	greater	than	the	photon	shot	noise	(P< ),	then,	the	

SNREM‐CCD	>	SNRCCD	whereas	the	SNRCCD	>	SNREM‐CCD	when	the	photon	shot	noise	is	

greater	than	the	readout	noise.		Thus,	the	EM‐CCD	gain	benefits	SNR	in	situations	

where	the	shot	noise	of	the	incoming	photon	signal	is	less	than	or	equal	to	the	

readout	noise	generated	for	the	given	pixel	read	rate.		This	can	also	be	shown	from	

figure	x.27	below	which	shows	the	probability	distribution	of	the	number	output	
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electrons	for	1,	2,	3,	4,	and	5	electrons	for	an	EM‐CCD	gain	of	100.		From	the	figure,	

an	output	signal	of	300	electrons	could	have	been	generated	either	from	either	3	or	

4	electrons	with	equal	probability.		The	overall	effect	is	to	double	the	variance	of	the	

signal	which	is	statistically	equivalent	to	halving	the	quantum	efficiency	of	the	

camera	[139].			

	

Figure	D.29.		Output	of	an	EM	register	with	gA	=	100	in	response	to	a	range	of	inputs	

from	1	to	5	electrons.	The	y‐axis	shows	the	probability	density	function	(PDF)	of	the	

output	signal,	i.e.	the	fraction	of	pixels	lying		within	a	histogram	bin	[139]	

Therefore,	conventional	CCD	mode	will	result	in	a	higher	performance	when	photon	

shot	noise	dominates	the	,	while	EM‐CCD	module	will	result	in	a	higher	performance	

in	readout	noise	dominated	regime.			

In	photon	counting	mode,	when	the	input	signal	is	very	weak	and	the	probability	of	

detecting	two	or	more	photons	is	very	low,	photon	counting	provides	a	signal‐to‐

noise	ratio	that	is	very	close	to	an	ideal	detector.		More	information	about	photon	

counting	is	provided	at	the	end	of	this	chapter.			
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In	an	ideal	detector,	including	the	effects	of	coincidence	losses,	the	signal	to	noise	

ratio	is	given	by:		

	
√ 1

	

,	where	M	is	the	number	of	photons	[139].		

Since	photon	counting	uses	a	threshold	value	in	order	to	ignore	counts	not	caused	

by	photons,	the	signal	to	noise	ratio	maybe	a	bit	complicated	to	calculate.		However,	

for	a		threshold	of	0.1	electron,	the	signal	to	noise	can	be	derived	according	to	

Tulloch	[139]	and	is	found	via	the	following	equation:		

	
0.9

.
. 1

	

,	where:		

M		 =	number	of	photons	generated	from	the	input	signal	

D		 =	number	of	photons	generated	from	the	dark	current		

B		 =	number	of	photons	generated	from	the	unwanted	background	

G		 =	gain	of	the	EM‐CCD		

S		 =	number	of	spurious	electrons	generated	when	electrons	are	created	during	

shifting	of	charges	to	the	multiplication	register	

		 =	number	of	frames	acquired	

From	the	above	equation,	it	appears	that	photon	counting	provides	means	for	

eliminating	the	multiplication	noise.		The	maximum	possible	SNR	in	a	single	photon	

counting	frame	is	around	0.8	and	therefore,	it	becomes	necessary	to	average	many	
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frames	to	arrive	at	a	usable	image	where	the	SNR	is	greater	than	3	for	example	

[139].		It	is	also	important	to	note	that	this	technique	only	works	for	low	frame	rates.		

In	order	to	maximize	the	signal‐to‐noise	ratio,	one	has	to	carefully	select	the	mode	

of	operation	for	an	EM‐CCD	camera.		Figure	D.30	below	shows	the	signal‐to‐noise	

ratio	of	the	three	modes	of	operation	for	a	given	signal	strength.			

	

	

Figure	D.30	[139].	
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