
 

UNIVERSIDADE DE LISBOA 
FACULDADE DE CIÊNCIAS 

 
 
 

 
 
 
 

Single Photon Emission Mammography with 
Convergent Collimators  

 
 
 

Doutoramento em Engenharia Biomédica e Biofísica 
 
 
 

Ricardo Miguel Ferreira Capote 
 
 
 

Tese orientada por: 
 Prof. Doutor Pedro Dinis de Almeida 

 
Documento especialmente elaborado para a obtenção do grau de doutor 

 
 
 
 

2016 





 

UNIVERSIDADE DE LISBOA 
FACULDADE DE CIÊNCIAS 

 
 

 
 
 

Single Photon Emission Mammography with 
Convergent Collimators  

 
 

Doutoramento em Engenharia Biomédica e Biofísica 
 

Ricardo Miguel Ferreira Capote 
 

Tese orientada por: 
 Prof. Doutor Pedro Dinis de Almeida 

 

Júri: 
Presidente: 

• Doutora Margarida Maria Telo da Gama 
Vogais: 

• Doutor Stefaan Vandenberghe 
• Doutor Nuno David de Sousa Chichorro da Fonseca Ferreira 
• Doutor Luís Manuel de Almeida Soares Janeiro 
• Doutora Mónica Vieira Martins 
• Doutor João Manuel Coelho dos Santos Varela 
• Doutor Pedro Miguel Dinis de Almeida 
• Doutor Nuno Miguel de Pinto Lobo e Matela 

 
Documento especialmente elaborado para a obtenção do grau de doutor 

 
 

2016 





 
   iii 

 

To those who dedicate their lives to 
scientific research and share their knowledge without 
expecting anything in return. 

 
 
 
 

 
 
 
 
 
 
 
 
 
 
 
Since the beginning of my PhD, there has been an alarming increase in the 

number of things I know nothing about…  
 
 
 





 
   v 

 

Acknowledgments 

I would like to express my gratitude to those who have contributed to this PhD 
thesis. The comments are written in my mother tongue, Portuguese. 

 
Professor Pedro Almeida   Por ter acreditado e confiado nas minhas 

capacidades para realizar este trabalho. Pela orientação, amizade e por ter apoiado e 
encorajado a desenvolver novas ideias.  

 
Professor Nuno Matela   Pela amizade e por ter sido um apoio constante a 

nível profissional e pessoal. Pelo tempo prestado em todas as discussões e lições que 
contribuíram para a realização desta tese. 

 
Beatriz Lampreia   Pelo carinho, amizade e alegria contagiante. Por estar 

sempre disponível para ajudar e por tornar o IBEB num local especial. 
 
Staff do Instituto de Engenharia Biomédica e Biofísica   Pela boa 

disposição e simpatia: Professor Alexandre Andrade, Professor Eduardo Ducla-Soares, 
Professor Hugo Ferreira e Professor Pedro Miranda. 

 
Colegas do Instituto de Engenharia Biomédica e Biofísica   Pela ajuda 

e por todos os momentos proporcionados que guardo com saudade: Nuno Oliveira, Liliana 
Caldeira, Cláudia Sofia Ferreira, Raquel Conceição, Bárbara Oliveira, Ricardo Salvador, 
Rita Nunes, Margarida Mota, João Rodrigues, Cornelia Wenger, Pedro Barata, Ana 
Teixeira, e muitos outros que passaram pelo IBEB. Ao Gilberto de Almeida e Ana 
Carina de Oliveira pela ajuda na fase inicial deste trabalho. 

 
Colegas do Projeto Clear-PEM e Crystal Clear Collaboration   Pela 

ajuda e pela integração no projeto. 
 
Colegas da FCUL   Com quem colaborei na docência. Em especial ao 

Professor João Lin pela amizade e palavras de encorajamento; e à Professora Margarida 
Pires por toda ajuda. 



ACKNOWLEDGMENTS 
 

 
vi 

 
Meus amigos   A todos os meus amigos de longa data, que me proporcionam 

momentos de diversão e alegria. 
 
Minha Família   Aos meus pais e irmão por todo o amor, carinho e por sempre 

me terem motivado a dar o meu melhor e a atingir os meus objectivos. 
 
Margarida Inácio   Por todo amor e apoio. Por me compreender para além 

das palavras. Pela capacidade de superar as adversidades da vida. Por me fazer feliz. 
 
 
 
À memória do meu avô Capote,   Pelo altruísmo e preocupação constante 

com os netos.  Por me incentivar a estudar e a ambicionar um futuro melhor. 
 
À memória de Natália Inácio,   Pelo carinho, força e pelo sorriso meigo com 

que sempre me recebeu. Por partilhar conselhos sensatos e encarar a vida com uma 
atitude de superação. 

 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
This work was financed in part by the Fundação para a Ciência e Tecnologia 

(FCT) under the PhD grant SFRH/BD/47075/2008 and the strategic plan of the 
Instituto de Biofísica e Engenharia Biomédica (PEst-OE/SAU/UI0645/2011). 

 



 
   vii 

Resumo 

De acordo com as estatísticas mundiais, nas mulheres, o cancro da mama é a 
neoplasia mais comum e corresponde à segunda causa de morte por cancro. A detecção e 
diagnóstico precoce desempenham um papel fundamental no sucesso do tratamento e 
melhoria das taxas de sobrevivência dos doentes. Por este motivo, as técnicas de 
diagnóstico por imagem têm sido desenvolvidas e melhoradas ao longo dos últimos anos. 

Atualmente, a mamografia por raios X é a técnica standard usada nos rastreios 
do cancro da mama. Os programas de rastreio permitem um diagnóstico mais precoce e 
têm contribuído, em simultâneo com as melhorias do tratamento, para a diminuição da 
mortalidade por cancro da mama. No entanto, a mamografia por raios X fornece 
informação essencialmente anatómica e a sensibilidade do exame é reduzida, 
especialmente em mulheres com tecido mamário denso. Desta forma, é necessário recorrer 
a outras técnicas que permitam obter informação adicional sobre os tumores detectados e 
reduzir o número de procedimentos invasivos desnecessários, como as biopsias.  

As técnicas de Medicina Nuclear, nomeadamente a tomografia por emissão de 
positrões (PET) ou a tomografia computorizada por emissão de fotão único (SPECT), 
são frequentemente utilizadas como técnicas de diagnóstico complementar. Estas técnicas 
permitem uma avaliação precisa da presença e extensão da doença e obtêm informação 
única sobre as características biológicas do tumor (como a taxa de proliferação e 
atividade metabólica). Por estas razões, na última década foram desenvolvidos 
equipamentos específicos para mamografia. Os equipamentos de mamografia por emissão 
de fotão único (SPEM) e mamografia por emissão de positrões (PEM) permitem obter 
melhor sensibilidade e resolução espacial que os equipamentos PET ou SPECT para 
exames de corpo inteiro. 

O scanner Clear-PEM é um equipamento PEM que foi desenvolvido pelo 
Consórcio Português PET-Mamografia e permite detectar pequenos tumores 
(aproximadamente com 2 mm) da mama nos seus estágios iniciais. O scanner contém 
duas cabeças detectoras que são colocadas junto da mama, permitindo a detecção da 
radiação emitida pelo radiofármaco previamente injetado no doente. No entanto, a atual 
geometria de aquisição só permite a detecção de coincidências nas quais a aniquilação do 
positrão ocorreu na região entre as cabeças detectoras. De facto, as coincidências (par de 
fotões com aproximadamente 180°) emitidas a partir de posições fora desta região não 
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produzem uma linha de resposta detectável. Portanto, os tumores localizados em regiões 
acima das cabeças detectoras não são detectados. Estas regiões incluem a zona axilar e do 
arco costal, que são zonas importantes para o diagnóstico do cancro da mama. Esta 
limitação resulta na visualização de uma imagem incompleta ou truncada do volume 
mamário. A limitação em detectar tumores localizados no arco costal ou zona axilar é 
também comum nos equipamentos SPEM que usam colimadores convencionais 
(colimadores paralelos que são normalmente orientados com os orifícios perpendiculares 
ao eixo central da mama). Desta forma, este assunto tem sido objecto de diversos estudos, 
realizados pela comunidade científica, e foram propostas algumas soluções. 

Nesta tese, apresentamos uma solução para a referida limitação dos 
equipamentos SPEM e demonstramos a sua viabilidade. Dado que este trabalho foi 
desenvolvido no âmbito do projeto Clear-PEM, pretendeu-se também investigar a 
viabilidade de usar o scanner Clear-PEM em modo singles (ou modo SPECT) para 
examinar a região do arco costal. Desta forma, a solução encontrada foi adaptada às 
características do scanner Clear-PEM. Em ambos os casos, pretendeu-se obter uma 
solução capaz de detectar tumores com elevada resolução espacial (2-3 mm) e com 
valores de sensibilidade comparáveis aos dos equipamentos clínicos de SPECT 
(0.01-0.03%). 

A solução apresentada é baseada na geometria de colimação cone beam, cujos 
orifícios do colimador são inclinados em direção às regiões da mama e arco costal. Esta 
solução é mais simples e eficiente comparativamente às do estado de arte. Com o 
objectivo de maximizar a sensibilidade do colimador para um valor fixo de resolução 
espacial, desenvolvemos um algoritmo para a optimização de colimadores convergentes. 
Este algoritmo foi utilizado na projeção de colimadores optimizados para dois 
equipamentos diferentes: um scanner genérico de SPEM e o scanner Clear-PEM. 

A validação e estudo da performance de ambos equipamentos com os respectivos 
colimadores foi efectuada com recurso a simulações Monte-Carlo (foi utilizada a 
plataforma de simulação GATE). Em ambos os casos, foram utilizados os seguintes 
parâmetros de simulação: detectores pixelizados com espaçamento mínimo entre cristais 
de 2.3 mm, colimadores de tungsténio, janela de energia entre 120-160 keV, adquiridas 
128 projeções ao longo de uma órbita de aquisição circular com 5 cm de raio, tempos de 
aquisição de 11-21 minutos, e fantômas com discos uniformes (fantôma Defrise) e de 
resolução (fantôma Derenzo). Foi também simulado um exame clínico real utilizando o 
fântoma realístico XCAT para modelar a mama, torso e respectivos órgãos.  

O algoritmo iterativo Maximum Likelihood Expectation Maximization (MLEM) 
foi implementado e utilizado na reconstrução dos dados simulados. A função de resposta 
de cada sistema foi simulada e incorporada no processo de reconstrução. Desta forma, 
foram incluídos no algoritmo os principais efeitos físicos e geométricos. As imagens foram 
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reconstruídas com um tamanho de voxel de 1 mm3 e não foram utilizados filtros nem 
foram aplicadas correções. 

Para ambos os casos, os resultados demonstraram a presença de artefactos na 
imagem, devido ao facto de a geometria cone beam e a órbita de aquisição utilizada não 
permitirem uma amostragem completa dos dados simulados. No entanto, foi possível 
detectar tumores de 3 mm localizados na região do arco costal e provar a viabilidade da 
solução. As imagens com melhor qualidade foram obtidas com o scanner SPEM. 
Diferentes restrições técnicas (relacionadas com a adaptação para aquisições em modo 
singles) comprometeram os resultados obtidos com o scanner Clear-PEM. 

Os colimadores propostos nesta tese permitem examinar a mama e o arco costal, 
obtendo informação de diagnóstico adicional. Esta geometria de colimação tem um 
elevado potencial para ser utilizada em exames a pequenos órgãos (como o cérebro ou 
coração) ou pequenos animais. 

 
Palavras-Chave: Cancro da Mama, Mamografia por Emissão de Fotão Único, 

Colimador Cone Beam, Optimização de Colimadores, Reconstrução de Imagem SPECT. 
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Abstract 

The radionuclide based imaging techniques offer substantial potential as 
complementary diagnostic tools. Dedicated radionuclide systems for breast cancer 
imaging have been intensively investigated over the past decade. However, these 
breast-specific systems cannot image the chest wall region. The aim of this work is to 
present a solution to solve this imaging limitation and demonstrate its feasibility. 

The proposed solution is based on the cone beam collimation geometry, whose 
collimator holes are angled toward the breast and chest regions. It is shown that this 
approach is simpler and more efficient compared to other state of the art approaches. In 
order to maximize the collimator sensitivity for a fixed spatial resolution, we developed 
an optimization algorithm for convergent collimators. This algorithm was used to project 
optimal collimators for two different systems: a single-photon emission mammography 
(SPEM) scanner and the positron emission mammography (PEM) scanner developed by 
the Clear-PEM project. 

Monte Carlo simulations were performed to study the expected performance of 
both scanners with the respective collimators. The main simulated parameters include: 
2.3 mm detector pixels, tungsten collimators, 120-160 keV energy window, 128 
step-and-shoot projections acquired over a 5 cm radius circular orbit, acquisition times of 
11-21 minutes, and uniform disc (Defrise) and resolution (Derenzo) phantoms filled with 
Tc-99m. We also simulated a real clinical exam using a realistic breast (XCAT) phantom. 

The simulated data were reconstructed using an iterative maximum likelihood 
expectation maximization algorithm (MLEM) with 1 mm3 voxels and each system 
response was included in the reconstruction process. 

Overall, due to technical challenges involved in the adaptation of the 
Clear-PEM to single-photon acquisitions, the best results were obtained with the SPEM 
scanner. The proposed collimators offer enhanced diagnostic information by detecting 
down to 3 mm chest wall lesions and have a great potential for use in small field of view 
applications. 

 
Keywords: Breast Cancer; Single Photon Emission Mammography, Cone Beam 

Collimator, Collimator Optimization, SPECT Image Reconstruction. 
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C H A P T E R  
 1 

 

1 Introduction 

Breast cancer is the most frequent malign neoplasm and one of the leading 
causes of death by cancer among women worldwide [1]. Early diagnosis remains the best 
method of improving the survival rates of the patients. In this context, last years have 
witnessed the development of medical imaging techniques that have been important tools 
for the detection, diagnosis and clinical management of cancer, among other applications 
[2]. 

X-ray mammography is currently the most widely method used for breast 
cancer imaging and it is the only modality demonstrated to decrease the breast cancer 
mortality when used in regular screening programs [3]. However, the information 
provided by this technique is mainly anatomical and the exam sensitivity is reduced, 
particularly when imaging dense breast tissue in young women [4]. Due to these 
limitations, accurate second-line methods are needed in some instances to provide further 
information about suspicious lesions and to reduce the number of unnecessary invasive 
procedures, such as biopsies. 

The radionuclide based imaging techniques, namely the positron emission 
tomography (PET) and the single photon emission computed tomography (SPECT), 
offer substantial potential as complementary diagnostic tools. These imaging techniques 
can provide an accurate assessment of the presence and extent of disease as well as 
unique information about tumour biological characteristics (rate of proliferation and 
metabolic activity) [5]. However, the general SPECT and PET systems were not designed 
for breast imaging applications. Therefore dedicated compact cameras for breast cancer 
imaging, such as single photon emission mammography (SPEM) and positron emission 
mammography (PEM) systems, have been intensively investigated over the past decade 
and can provide better sensitivity and spatial resolution than general systems [6]. 
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The Clear-PEM scanner is a PEM system that was developed by a Portuguese 
research consortium and is able to detect, with high resolution and sensitivity, small 
cancerous lesions (approx. 2 mm) in the breast at an early stage of the disease [7]. The 
scanner is composed by two opposite detector heads that are placed near the breast (with 
the patient in prone position), allowing the detection of the uptake of a positron emitter 
radiotracer that was previously administered to the patient. However, given this 
detection geometry, it is only possible to detect coincidences in which the positron 
annihilation occurred in a region between the detector heads. In fact, the pairs of photons 
emitted (after the positron annihilation, with an angle of approximately 180° between 
them) from positions outside this region do not produce a detectable line of response 
(LOR). Therefore, the lesions located above the detector heads are not detected. These 
regions include the chest wall and axillary regions, which are important areas for cancer 
diagnosis [5]. The limitation in detecting lesions above the detector heads results in 
viewing a truncated breast volume in the image. This limitation is not exclusive to the 
Clear-PEM system; it is also an issue, in general, to conventional SPEM systems that use 
parallel hole collimators and orient the detector surface parallel to the breast’s central 
axis (nipple to chest direction) [8]. For this reason, several studies have been carried out 
in order to overcome this imaging limitation [9-14]. 

In this work, we investigate simpler and more efficient solution to solve the 
SPEM imaging limitation in detecting lesions in the chest wall region. In fact, by using 
an appropriate collimation geometry in which the field of view (FOV) includes the entire 
breast volume and chest wall, it is possible do detect lesions in regions not detected by 
the conventional collimators. Since this research was performed within the framework of 
the Clear-PEM project, it is also intended to research the feasibility of using the 
Clear-PEM system to image the chest wall region. With the acquisition in singles mode 
(or SPECT mode) and by adapting the same collimation geometry developed for the 
SPEM systems, it should be possible to image the chest wall region; something that is 
not possible using the system in PET mode. In both SPEM and Clear-PEM scenarios, 
the projected collimator should allow detecting lesions with high spatial resolution (2-3 
mm) and sensitivity values (0.01-0.03 %) comparable to those of clinical SPECT systems 
[15]. The additional information obtained with the final solution could contribute for a 
better diagnosis of breast cancer. 

Different collimation geometries are analysed in this work, with the aim of 
finding the best collimator to image the entire breast and adjacent regions. The proposed 
collimators are projected and simulated for two different systems: a SPEM scanner and 
the Clear-PEM scanner (in singles mode). These simulated data are used to study the 
feasibility of the solutions and to compare the results obtained for both scenarios. The 
simulated data is also used to assess dedicated SPECT image reconstruction algorithm, 
which was also developed and investigated in the context of this study. 
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This thesis is divided into six chapters, in which each one addresses a specific 
task/part of this PhD work. The chapters are organized in three parts. 

The Part I – Introduction and Background is composed by the present 
Chapter 1 – Introduction, where the context, objective, motivations and general 
organization of the work are provided; and by the Chapter 2 – Breast Cancer 
Imaging, which includes a review of the state of the art and the main knowledge fields 
that are related to the work presented in this thesis. An introduction to the breast cancer 
imaging techniques is provided with special focus on the Nuclear Medicine techniques, 
namely PET and SPECT. The physical principles and properties of these radionuclide 
based imaging systems, including both SPEM and PEM systems, are also described. A 
brief description of the SPEM systems that permit to image the entire breast volume 
(chest wall included) is provided. Finally, the Clear-PEM scanner specifications are 
presented, as well as the motivations and challenges involved in adapting this system for 
SPECT acquisitions. 

The Part II – Methods and Results comprises three chapters that describe 
the methods handled to achieve the objective of this work and present the results 
obtained for the proposed solutions. The Chapter 3 – Projection and Collimator 
Optimization is devoted to the study and selection of the appropriate collimation 
geometry to image the breast and chest wall region. An optimization algorithm for 
converging collimators, developed in this work, is also described. Optimal cone beam 
collimators are calculated and projected in order to adapt to the SPEM system and the 
Clear-PEM prototype characteristics. The performances of the optimal collimators 
obtained for the Clear-PEM scanner are compared to those obtained for a SPEM system 
with the same detector size and collimation geometry. The following chapter, Chapter 4 
– Simulation, describes the Monte Carlo simulations of the proposed imaging setting 
and the main results obtained. The simulation framework that was developed to study 
both systems expected performance (with the collimators optimized in the previous 
chapter) is presented. This chapter also includes a description of the settings and the 
phantoms used in the simulations. The final chapter of Part II is Chapter 5 – SPECT 
Imaging Reconstruction, which describes the reconstruction algorithm developed to 
reconstruct the simulated data acquired with the proposed collimators. The results 
obtained for different simulated scenarios are compared and analysed. An overall 
discussion of the results and on the feasibility of the proposed image setting is provided 
at the end of this chapter. 

The Part III – General Conclusion is the last section of this document, 
which is compounded by the Chapter 6 – Main Conclusions and Future Work. In 
this chapter, a global discussion of the results and main findings of this work are 
presented, together with our perspectives for future work. 
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The diagram in Figure 1.1 shows the thesis structure and the main topics 
addressed in each part. 

At the end of this document, the appendix section lists all publications and 
conference proceedings in which part of the work presented in this thesis was published. 

 

 
Figure 1.1 – Diagram showing the thesis structure and the main topics. 
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2 Breast Cancer Imaging 

2.1 Introduction 
Breast cancer is the most common type of cancer affecting a growing number of 

women worldwide. The incidence rates of breast cancer increased from 641,000 cases in 
1980 to 1,643,000 cases in 2010, which correspond to an annual increase rate of 3.1 %. 
The global breast cancer mortality rate is also high. In 2010 were registered 425,000 
victims, of whom 68,000 were aged 15-49 years in developing countries [16].  

According to the American Cancer Society, breast cancer has the highest 
incidence rate (Figure 2.1(a)) and is the second leading cause of cancer death among 
women in the United States (Figure 2.1(b)), second only to lung cancer [1]. Figure 2.1(a) 

 
(a) 

 
(b) 

Figure 2.1 – Incidence rates and death rates among females for selected cancers, United States, 
1975 to 2009: (a) Incidence rates and (b) Death rates (Uterus includes uterine cervix and uterine 
corpus). Adapted from [17]. 
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shows an increase of the incidence rates for female breast cancer during the 1980’s. This 
increase is related to the growth of the screening programs that allowed a higher number 
of breast cancer diagnosis [18]. The decrease in death rates for female breast cancer, 
shown in Figure 2.1(b), is due to the improvements in early detection and/or treatment 
[17]. 

The most frequent type of breast cancer is the ductal carcinoma, which begins 
in cells that line a breast duct (see Figure 2.2), and the second most common is the 
lobular carcinoma, which begins in a lobule of the breast [19]. Both ductal and lobular 
carcinoma can degenerate into invasive carcinoma if the cancer spreads to surrounding 
breast tissues. Since the first sites to receive the lymph from the tumour cells are the 
axillary lymph nodes, the sentinel lymph node biopsy is usually performed to ascertain if 
the tumour has spread to other regions of the body (metastasis) [20]. 

 
Figure 2.2 – Illustration showing the anatomy of the female breast. The nipple and the areola are 
shown on the outside of the breast. The axillary lymph nodes network, ducts, lobules and other 
parts of the inside of the breast are also shown (Adapted from [19]). 

The breast imaging techniques play an important role in the detection, diagnosis 
and clinical management of breast cancer. The most common used imaging modalities 
include X-ray mammography, magnetic resonance imaging (MRI), ultra-sonography (US) 
and radionuclide imaging, such as single photon emission computed tomography (SPECT) 
and positron emission tomography (PET) [2]. In this chapter we will overview the 
physical principles inherent to each of these breast modalities, as well as the main 
advantages, pitfalls and the characteristics of the information they can provide about the 
body tissues. A reference to the recent technological advances and alternative breast 
imaging approaches will be provided. Given the context of this work, a special focus will 
be done to the breast-specific radionuclide imaging systems. 
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2.1.1 X-ray mammography 

X-ray mammography is essentially the only widely used method for breast 
cancer screening, which emerged as a screening tool after the mid-1960s [2]. The 
combination of mammography screening with improved treatment has shown to decrease 
the breast cancer mortality rates [3]. This imaging technique relies on differences in the 
attenuation of low energy x-rays to distinguish cancer from healthy breast tissues. 
However, these differences are mainly observable in areas of fatty breast tissue. In areas 
of dense breast tissue, the density differences between cancerous lesions and surrounding 
healthy tissues is low [21]. As a result the tumours can be overlapped and, therefore, 
undetectable in the mammogram. Hence, the exam sensitivity1 for the detection of small 
breast lesions is reduced in women with dense breast tissue. While the overall sensitivity 
of mammography has been reported as ranging from 77% to 95% [3], in women with 
mammographically dense breasts the sensitivity value ranges between 48% and 63% [22]. 
This limitation is particularly important due to the fact that dense breast tissue is also a 
risk factor for breast cancer [4]. Besides the specificity2 of mammography has been 
recently reported as ranging from 94% to 97% [3], false positive results are common 
(specially in dense breast) and can cause anxiety and lead to additional imaging studies 
or invasive procedures (such as biopsy or fine-needle aspiration). Therefore, given this 
low ability to distinguish cancerous from noncancerous lesions and the high number of 
inconclusive screened cases, a breast lesion evaluation based uniquely on x-ray 
mammography results frequently in unnecessary biopsies or additional exams, which are 
financially expensive to health institutions [3].  

Due to the x-ray mammography limitations, new clinical applications that 
involve the use of contrast agents are being developed in order to map the distribution of 
neovasculature induced by cancer using mammography [23]. Also, other modalities have 
been proposed as additional adjunct diagnostic methods for improving the breast cancer 
detection and diagnosis, as described bellow. 

2.1.2 Magnetic Resonance Imaging 

Magnetic resonance imaging (MRI) has an important role in breast imaging as 
an adjunctive tool for screening and as a diagnostic tool for imaging lesions that are 
indeterminate from other modalities [2]. MRI is an imaging technique that makes use of 
the property of nuclear magnetic resonance to obtain detailed images of the hydrogen 

                                                             
1 Sensitivity is the number of true positives divided by the sum of true positives with 

false negatives (negative diagnosis that were lately proved to be false). 
2  Specificity is the number of true negatives (negative diagnosis that were lately 

confirmed) divided by the total number of negatives (true negatives and false positives). 
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nuclei density inside the human body. The MRI scanners have a powerful magnet where 
the magnetic field is used to align the magnetization of the hydrogen nuclei and a coil 
that produces radio frequency pulses to systematically induce a modification in this 
alignment. As a result the nuclei produce a rotating magnetic field that is detected by 
the scanner and recorded to construct the image. Since the tissues have different 
hydrogen nuclei densities, MRI can create more detailed images of the human body than 
those obtained with x-rays [24]. Additionally, MRI has the advantage of not using 
ionizing radiation. 

The first in vivo breast MRI studies were reported in the early 80’s. Since then, 
the technological improvements and the development of novel image acquisition 
techniques expanded its clinical applications [24]. Recent clinical studies, in women with 
high-risk of breast cancer, demonstrated the MRI ability to detect mammographically 
occult cancers with higher sensitivity than x-ray mammography [25] but with low 
specificity [25,26]. Besides the low specificity, MRI has three other handicaps: the high 
cost of the exam, the limited access and the difficulty in performing a guided biopsy (it is 
time consuming and requires the use of MRI compatible needles) [27]. Additionally, the 
dynamic contrast enhanced breast MRI, which is an image acquisition technique 
clinically used to provide volumetric three-dimensional (3D) anatomical and physiologic 
information of the breast, requires the injection of a contrast agent that entails some 
elevated risk to the patient [2]. 

2.1.3 Ultrasound imaging 

Breast ultra-sound or ultra-sonography (US) is an imaging technique that plays 
a critical role in the diagnostic evaluation of screening detected or palpable breast masses 
[28]. US imaging involves the use of high frequency sound waves (a centre frequency 
above 10 MHz is the value recommended for breast US [29]) that are produced by a 
transducer and emitted through the region in study. Since the body tissues have different 
acoustic impedances, the US waves interact with the tissues producing different echoes 
that are detected outside the body and used to generate an image. Therefore, unlike 
x-ray imaging, US has the advantage of not using ionising radiation. 

Breast US is a low cost imaging technique and essential for accurate 
non-invasive diagnosis of breast cysts. Since cystic masses are more fluid than tumours, 
they have different acoustic properties. In addition, breast US is also used in the 
examination of young or pregnant symptomatic patients, guidance of percutaneous needle 
interventions and in screening of some asymptomatic patients [28]. 

The results of a clinical study, which included 11,130 asymptomatic women, 
demonstrated that breast US has improved sensitivity (97%) when adjunctively used 
with x-ray mammography compared to physical examination and mammography 
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together (74%). Furthermore, it was also observed an improvement in sensitivity for 
dense breasts with US compared to mammography [30]. 

Some acquisition modes of breast US are already used to study the lesion 
vascularization. However the most common form of US imaging (B-mode US) produces 
noisy images containing artefacts [31]. Moreover, it is highly user dependent and the 
interpretation of the breast sonograms varies for different observers [28]. 

2.1.4 Radionuclide imaging 

The radionuclide based imaging techniques, namely the positron emission 
tomography (PET) and the single photon emission computed tomography (SPECT), 
allow to explore the functional differences between normal and cancerous cells, which 
result from the different levels of radiotracer uptake. Since the radiotracer uptake is 
higher in cells with high metabolic rate (characteristic of cancer cells), these imaging 
techniques can provide an accurate assessment of the presence and extent of disease. In 
addition, one can obtain unique information about tumour biological characteristics, such 
as rate of proliferation and metabolic activity [5].  

Given the unique information provided by these techniques (Figure 2.3), the 
sensitivity (above 90%) and specificity (up to 91%) for cancer identification are 
frequently higher in nuclear emission imaging than in other radiology modalities [32]. The 
functional information also complements the anatomical information provided by the 
conventional imaging techniques, such as x-ray imaging and ultrasound. Therefore, PET 
and SPECT offer substantial potential as complementary diagnostic tools [6] and also 
play an important role in the detection and localization of cancer cells that acquired the 
ability to spread to other organs or tissues in the body (metastasis) [5]. 

The majority of radionuclide imaging systems has detector geometries and 
specifications that are not appropriate for imaging small organs, which complicates its 

 
Figure 2.3 - Diagram showing the information provided by each medical imaging modality based 
on its widespread use. Note that based on the widespread use of the breast imaging modalities 
both x-ray mammography and breast US provide mainly anatomical information, however it was 
considered their ability to provide functional information about the breast tissues. 

 Anatomic     Functional/Physiologic    Metabolic    Molecular 

X-ray imaging  

MR imaging  

Radionuclide imaging  

US imaging  
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incorporation into standard practice for breast cancer imaging due to several reasons [33]: 
i) inadequate imaging geometry limits the proximity to the organ, which 

results in poor detection sensitivity and low spatial resolution; 
ii) the conventional cameras have low spatial resolution and signal-to-noise 

ration (SNR), inappropriate to detect small breast lesions; 
iii) Relatively high cost and long scan times. 

Thus, the potential importance of the application-specific, dedicated compact 
cameras for breast cancer imaging is clear. There have been many recent radioisotope 
imager developments for breast imaging, which are designated as single photon emission 
mammography (SPEM) or positron emission mammography (PEM) systems [6] (as we 
will see in the next sections: 2.2 and 2.3, respectively). 

2.1.5 Other imaging modalities 

It is important to mention that intense efforts are currently under way to 
improve the technological aspects of the aforementioned modalities and to develop new 
breast imaging techniques (the article by Karellas et al. [2] provides a complete overview).  

Since the x-ray mammography reduces the three-dimensional (3D) anatomy of 
the breast into a two-dimensional (2D) image, the breast structures are overlapped 
creating a visually distracting mask that can mimic or obscure the presence of lesions. 
Therefore, 3D modalities, such as digital breast tomosynthesis (DBT) [34] and breast 
computed tomography (BCT) [35], are being actively investigated in order to provide 
depth information in x-ray mammography. However, these modalities need to show 
improved lesion detection with exam doses comparable to those used in mammography in 
order to be used as clinical tools for screening. 

Optical imaging (uses light in the near infrared) [36] and microwave imaging 
(uses microwave frequency) [37] are alternative modalities that use different 
electromagnetic frequencies to image the optical and the dielectric properties of the 
tissues, respectively. These and other modalities are being investigated as alternative 
breast imaging approaches [38]. 

In addition to the improvements in each modality, the development of 
multimodality systems that combine the strengths of each modality is likely to become 
more widespread [6]. Finally, we are also likely to observe a change in the manner in 
which breast cancer screening will be performed in the future: the current standard 
manner (where mammography is the golden standard modality) is likely to be replaced 
by a personalised screening program where the selection of the imaging modalities would 
depend on several patient factors (such as the individual’s risk or breast density) [2]. 
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2.2 Single Photon Emission Mammography 
Single Photon Emission Mammography (SPEM) is a common designation given 

to both planar and tomographic breast-dedicated imaging techniques: 
scintimammography and SPECT mammography, respectively [6].  

SPEM shares its basics principles with the conventional scintigraphy or SPECT, 
which involve the detection of single gamma rays emitted by the radiotracer. The 
Tc-99m-sestamibi, Tc-99m-tetrofosmin or Tc-99m-methylene bisphosphonate labelled 
radiotracers, which emit 140 keV gamma rays and have a half-life of 6.02 hours, are 
typically used for breast cancer imaging [39]. These technetium labelled 
radiopharmaceuticals reported to have avid uptake in breast tumours [40,41] and have 
the advantage that the uptake of the radiotracer is not affected by mammographic breast 
density [42]. 

In order to determine the line along which the gamma rays are emitted, a 
collimator that selectively stop the gamma rays that do not follow defined paths to the 
detector is used. As a result, only gamma rays traveling in the direction of the collimator 
holes axes reach the detector. The gamma rays that hit the collimator walls (called septa) 
are generally absorbed (Figure 2.4). The most common collimation geometry is the 
parallel beam (parallel hole collimator), in which all collimator holes are parallel [43]. 

 
Figure 2.4 - Illustration showing the selective absorption performed by a parallel hole collimator. 
A gamma photon (green arrow) that passes through the collimator reaching the detector and a 
photon that is absorbed by the collimator septa (blue lines) are shown.  

Although this selective absorption is needed for the definition of the line along 
which the photon emission occurred, it is also very inefficient because for most 
collimators used in nuclear medicine only one in ten thousand (0.01%) of the emitted 
gamma rays pass through the collimator. Therefore, the collimator determines the overall 
performance of the single-photon imaging systems, which includes not only the number of 
detected counts, but also the spatial resolution of the camera [44]. 

The collimator and the detector are fundamental components of a conventional 
single-photon imaging system, which has been based for more than 50 years on the 
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gamma camera design developed by Hal. O. Anger [45] (see Figure 2.5). According to the 
basic structure of the Anger Camera, the detector comprises a scintillator crystal that 
converts the gamma rays into optical rays, a light guide that allows light to spread and 
an array of photomultiplier tubes with related electronics that convert the optical light 
into an electrical signal. In addition to the collimator and the detector, a radiation 
shielding and computer (for acquisition, processing and display of data and images) are 
also required. 

 
Figure 2.5 - Illustration showing the fundamental components of a conventional gamma camera. 
The basic structure of the Anger Camera comprises a collimator, scintillator crystal, light guide 
that allows light to spread, an array of photomultiplier tubes with related electronics, a radiation 
shielding, a computer and display for acquisition, processing and display of data and images. The 
circular shape at the right and the green lines represent the object being imaged and the emitted 
gamma rays, respectively. 

Scintimammography has been under investigation since the late 1980’s. However, 
despite the development of the scintimammography and subsequent technologies over the 
last decades, this nuclear medicine technique is only recently finding its niche within the 
breast imaging community [6]. The main reason for this slow acceptance relies on the 
poor spatial resolution of conventional scintigraphy systems (based on Anger Camera’s 
design) that impedes the detection of sub-centimetre lesions in the breast. In fact, the 
inability to detect small breast lesions, indicative of early stage disease, limits the clinical 
utility of a breast imaging technique. However, many recent technological advances have 
brought alternatives to the scintimammography with an Anger Camera [46]. The recent 
improvements in instrumentation and the development of several types of breast specific 
gamma imaging (BSGI) systems with small detectors in close proximity to the breast 
permitted to improve the spatial resolution compared to conventional 
scintimammography. The term BSGI is commonly used in the literature to distinguish 
the recent compact cameras from the conventional mammography systems of the 1990’s, 
which had unfortunately obtained a poor reputation in breast imaging [6]. 

In the next subsections will be provided a detailed description of the Anger 
Camera fundamental components (detector and collimator, subsections 2.2.1 and 2.2.2, 
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respectively), as well as the recent improvements and a review from the literature of the 
main scanners that have been developed for single photon emission mammography.  

2.2.1 Detector 

Regardless of the approach, the main objective of a detector system for nuclear 
imaging is to convert the gamma-ray photon’s energy into an electrical signal. The most 
common gamma-ray converter choice is a scintillator – for example, sodium iodide doped 
with thallium (NaI(Tl)) scintillation crystal – which  converts gamma-ray energy 
deposited in the detector into an “explosion” of optical photons (see Figure 2.6). These 
optical photons are then converted into an electrical signal in a second stage. The 
Photomultiplier tubes (PMTs) are the most common way to accomplish this process [46]. 
The other option is to use different photodetector systems, such as Avalanche 
Photodiode (APD) (or silicon photomultipliers) [47], which are much more compact than 
conventional PMTs [46]. Once the deposited photon energy is converted to electrical 
charge, the next stage requires some form of readout electronics to digitize information 
for further processing within a computer. This final stage could include also amplification, 
shaping, and logic steps that precede the digitization.  

 
Figure 2.6 - Illustration showing the light ray propagation for: (a) single continuous crystal and 
(b) discrete crystal camera designs. For the pixelated design, the scintillation light is confined to 
one crystal and focused onto a small spot on the photo detector array. The collimator, scintillation 
crystals and position-sensitive photodetector are shown. The approximate shapes of the resulting 
response functions for each case are indicated. The green and black lines represent the detected 
gamma rays and optical scintillation rays, respectively. 

The other approach for designing compact scanners is based on segmented (also 
known as pixelated or discrete) scintillation crystals (optically isolated) coupled to 
position sensitive photodetectors, which is shown in Figure 2.6(b). This design is 
advantageous compared to the continuous crystal design, because the optical photons 
that result from a gamma ray photo-absorption are confined to the crystal volume where 

Collimator 

Scintillation 
Crystals 

Position-Sensitive 
Photodetector 

Resolution 
Functions 

(a)   Continuous Crystal Design  (b)   Discrete Crystal Design  



2  Breast Cancer Imaging 
 

 
 16 R. Capote  

this interaction occurred. Therefore, the spatial resolution in this case is set by the 
crystal (or pixel) size, which allows one to choose and fix the intrinsic spatial resolution 
of the detector. Furthermore, since the scintillation light is focused onto a small spot on 
the photodetector array, position errors and blur resolution are reduced. However, it 
should be noted that there are disadvantages of the pixelated crystal design compared to 
the continuous crystal design. Due to the dead area between crystals, the sensitivity per 
area is lower. Moreover, the pixelated design is more expensive to manufacture [33]. 
Single-photon and also positron-emission breast imaging are an applications in which 
high spatial resolution and good spatial linearity are required to detect small lesions over 
the entire sensitive FOV (without position errors or image distortions). For this reason, 
the pixelated crystal design is typically chosen [33]. 

The main alternative to scintillators is to use a detector material in which the 
gamma-ray energy is converted into electrical charge that is read out directly. The 
semiconductor radiation detectors allow performing this direct conversion, avoiding the 
random effects associated with scintillation light production, propagation and conversion 
to an electrical signal. For this reason, the semiconductor detectors can provide better 
photon energy discrimination (energy resolution). The Cadmium Zinc Telluride (CZT) is 
the most widely investigated semiconductor for nuclear medicine [46], which can provide 
better energy resolution and smaller pixel sizes. The pixels in CZT detectors correspond 
to the active detector areas. The small size of this detector material facilitates the design 
of compact detectors, which are appealing for use in organ-specific imaging [47], such as 
breast imaging. In fact, recently the term molecular breast imaging (MBI) [48] has been 
suggested to distinguish breast imaging with these new solid-state detectors from the 
scintillating technology used on either single-photon or positron emission mammography 
systems [6]. 

However the cost of the CZT detectors is relatively high. Given the clinical 
demand for organ-specific compact systems, the use of CZT-based detectors is likely to 
increase and accelerate its large scale production, which may result in the reduction of 
the cost of the CZT material [6]. Therefore, the production of cameras based on the 
scintillation crystal concept, coupled to APD’s or silicon photomultipliers, still has the 
cost advantage [47]. 

 
Energy resolution 

As previously mentioned, the main advantage of the CZT detectors lies in their 
excellent energy resolution. The energy resolution is an important consideration in a 
radionuclide imaging system. Since the magnitude of the signal produced by the detector 
is proportional to the energy deposited in it by an interacting gamma ray, a window on 
the signal histogram can be created to select photons of interest based on their energy. 
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Therefore, better energy discrimination or resolution provides better ability to remove 
the photons that have lost energy via Compton scattering, in the imaged object or the 
collimator, from the image data [46]. This reduction of the number of unwanted photons 
allows for better image contrast. The energy resolution of dedicated CZT detectors is 
currently in the 4-6% range, whereas for gamma cameras with pixelated crystals NaI or 
cesium iodide (CsI) is in the 10-20% range of the 140 keV photopeak [6]. These energy 
resolution values correspond to the full width at half maximum (FWHM) of the 
photopeak signal expressed as a percentage of the photopeak energy, Eγ, as illustrated in 
Figure 2.7.  

 
Figure 2.7 - Illustration showing the calculation of the energy resolution for Tc-99m 140 keV 
gamma rays. The shaded area corresponds to the energy window that is used to select a range of 
acceptable photon energies. For example, a window setting of 20% for the 140 keV photopeak 
corresponds to a 28 keV range centred on 140 keV (126 keV to 154 keV). 

 

Detector efficiency  

The efficiency is also an important characteristic of a detector, which is 
determined by the number of counts in the energy window defined for a specific 
radioisotope. The detector efficiency can be considered in terms of intrinsic and geometric 
efficiency [49]. The intrinsic efficiency refers to the efficiency with which the detector 
absorbs incident photons irradiating its surface and converts them into useful output 
signals. It is a function of detector thickness, composition, readout electronics, and 
energy of the radiation to be detected. On the other hand, the geometric efficiency refers 
to the fraction of the total radiation emitted by a source (placed perpendicularly above 
and at a certain distance from the detector) that really irradiates the detector surface. 
Since for single-photon imaging systems only the photons that pass through the 
collimator will reach the detector, this efficiency parameter is determined by the 
collimator geometric efficiency. This topic will be explored in the next subsection. 
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2.2.2 Collimator 

The collimator is the most important determinant of image quality, given its 
critical role in determining the system’s overall performance, which includes the number 
of detected counts and the spatial resolution, as has been previously mentioned. 

The aperture or hole in the collimator mechanically selects the gamma photons 
traveling in specific directions. Therefore, the collimator should be capable of blocking all 
photons travelling in different directions than those specified by the aperture or hole of 
the collimator. However, in reality some photons will pass unhindered through the 
collimator material and other will scatter within the collimator septa. In both cases, these 
undesired photons might be detected and included in the final image, degrading the 
image quality. For this reason, the collimator material must have a high attenuation 
coefficient ! at the energy of the incident radiation so that the gamma rays are absorbed 
in the septa. Generally, this implies high atomic number Z and high density ! materials 
[50]. Thus, the most common collimator materials are lead (Z = 82, ! = 11.33 g/cm3) 
and tungsten (Z = 74,!ρ = 19.3!g/cm3) [43]. 

 
Collimation geometries 

Collimators with different geometries and hole or aperture shapes have been 
developed. Historically, the pinhole collimation was the first documented design, by 
Anger [45]. Afterwards, parallel hole [51] and other related geometries like fan beam have 
been developed [52]. Given the variety of documented designs, we will provide an 
overview of the main geometries (see Figure 2.8).  

 
Figure 2.8 - Illustration showing the different collimation geometries: (a) Parallel hole collimator, 
(b) Slant hole collimator, (c) Diverging collimator, (d) Converging collimator and (e) Pinhole 
collimator. 
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(a) Parallel hole – the collimator is formed by many parallel channels or holes. 
Therefore, the imaged object is projected along parallel lines (or parallel LOR’s) onto the 
detector. Thus, the projection has the same size as the object. As was previously 
mentioned, this is the most widely used collimation geometry. 

(b) Slant hole – all holes are parallel, however are directed at an angle to the 
surface of the collimator. The slant hole collimators provide an oblique view for 
visualization of an object that was outside of the FOV or obscured by an adjacent 
structure [53]. The next geometries are considered non-parallel hole geometries and can 
provide a wider or narrower FOV. In contrast with parallel hole geometries these designs 
allow to enlarge or reduce the size of the projection. 

(c) Diverging – this design provides a wider FOV by angling the holes 
outward toward the object. Therefore, a large object can be captured on the face of a 
smaller detector, since the projection is smaller than the object size. 

(d) Converging – the convergent collimators provide a narrower FOV by 
angling the holes inward toward the object. The collimator holes converge to a line (fan 
beam geometry) or to a point (cone beam geometry), often called the focal line or focal 
point of the collimator, respectively. Thus, both converging geometries can provide a 
magnified projection of the object, which is present only along 1 of the 2 directions for 
the fan beam geometry (for the other direction the holes are parallel) and along both 
directions for the cone beam geometry. This magnification is maximal when the object is 
placed close to the focal locus and can yield better spatial resolution or higher sensitivity 
than those obtained for parallel hole collimators [43]. 

(e) Pinhole – shares with the convergent collimators the geometry of the beam. 
However, instead of several aligned holes, the pinhole collimators have just a single 
aperture. Since the photons travel in straight lines, an inverted projection (magnified or 
minified) is produced when they pass through this aperture or pinhole. The sensitivity is 
maximal and the FOV is minimal close to the collimator, where the resolution is also 
better, and vice-versa for a point placed away from the collimator aperture, where the 
magnification decreases. These properties have made pinhole geometry vey successful in 
small animal imaging [54]. 

There are other collimation designs and concepts that usually result from the 
combination of 2 different geometries. For example, the slit-slat geometry is a cross 
between the pinhole and parallel geometries. It comprises a slit, which acts as 1 
dimensional pinhole and a stack of slats that are parallel [55] or convergent [56]; each 
physical component provides collimation in one direction (axial and transverse). 

Thus, the design of collimators is very diverse and should be matched to the 
imaging problem at hand. In the next chapter this topic will be discussed in more detail. 
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Collimator performance 

The description of collimator performance requires the detailed measurement of 
a complicated function called the point spread function1 or point source response function 
(PSRF). This function describes the image produced by a point source as a function of 
the source position and the location in the image plane.  

The PSRF theory was proposed by Anger [51] and has been used for the 
description of the response of imaging systems composed by a continuous scintillation 
crystal and a parallel hole collimator [57]. However, for pixelated systems the 
performance analysis must take into account the discrete readout scheme, in contrast to 
the analogical readout of the conventional scintillation cameras. Moreover, the properties 
of the collimator materials and the penetration effects must be considered. Therefore, an 
alternative approach to the PSRF theory was proposed by Wieczorek and Goedicke [58] 
to evaluate the performance of pixelated detectors. This approach is based on the single 
pixel response function (SPRF). 

However for both PSRF and SPRF theories, the response functions are too 
complicated, which makes the comparison between collimators very difficult. In this way, 
most researchers use just 2 simple parameters that provide a summary of the collimator 
performance based on the most important properties of the response function. These 
parameters are the sensitivity and spatial resolution [57]. 

Collimator sensitivity or geometric efficiency is defined as the fraction of 
emitted photons that pass through the collimator and reach the detector surface or 
imaging plane. In the analysis based on the SPRF theory, this parameter is calculated by 
the fraction of radiation that irradiates the open detector area of one pixel (normalized 
solid angle), multiplied by the average area in the object plane that is seen from any 
point within the detector pixel (region seen) and divided by the area of the object plane 
equivalent to one detector pixel (voxel area), as shown in Figure 2.9(a). By combining 
these 3 factors, the geometric efficiency, E, of a parallel hole collimator with: square holes, 
hole diameter (parallel-to-parallel side distance) d, septal thickness t, detector pixel pitch 
p=d+t, collimator thickness L, source-collimator distance z, and source-detector z’=z+L, 
is given by: 

 Eparallel =
d!2

4πL2
d!2

p!2 !. (2.1) 

The Equation (2.1) was calculated analytically in terms of the collimator geometry 
without considering the septal penetration effects. Moreover, this equation shows that the 
geometric efficiency of parallel hole collimators does not depend on the source position 
                                                             

1 The point spread function is used in many contexts (optics, astronomical imaging and 
other imaging techniques) and describes the response of an imaging system to a point source or 
object. 
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within the FOV of the camera [57]. In fact, it is the only collimation geometry providing 
homogenous efficiency, independent of the source-collimator distance [58].  

 
Figure 2.9 – Definition of both performance parameters of the collimator, based on the SPRF: (a) 
geometric efficiency, including the illustration of the 3 factors used in the calculation; and (b) 
spatial resolution, which is defined as the FWHM of the SPRF (2D view).  

The spatial resolution is generally defined as the smallest separation at which 
two point sources can be distinguished. This minimal separation depends on the distance 
of the object plane from the imaging plane. For this reason, the spatial resolution, R, is 
calculated as the FWHM of the SPRF for a point source in the object plane, integrated 
in one dimension, as shown in Figure 2.9(b). This measure is equal to the flat central 
part of the SPRF, which has width d, and the width of one slope of length dz/L, which 
yields [58]: 

 Rparallel = d
z'
L !. (2.2) 

The smaller the value of R, the better the collimator spatial resolution, which 
improves the spatial detail and contrast of the final image. At a fixed source-detector 
distance z’, the only way to improve the spatial resolution is by reducing the hole 
diameter d and by increasing the collimator thickness L. However, by doing this the 
collimator geometric efficiency is decreased. This trade-off between geometric efficiency 
and resolution is well known and is generally written as the proportionality [57]: 

 Eparallel ∝  Rparallel
2. (2.3) 

2.2.3 Commercial SPEM scanners 

Over the last years there was a growing number of publications on SPEM 
systems [33]. Most of them are pixelated-based systems, given the improved performance 
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over the large continuous crystal design. Despite the intense research in the development 
of dedicated gamma camera systems, only three different types of SPEM systems are 
commercially available [6]. These systems specifications are summarized in Table 2.1. 

The first is the breast specific gamma imaging (BSGI) system with the longest 
history of commercial use, the Dilon 6800 (Dilon Technologies, Newport News, VA, USA). 
In this system, the breast is lightly compressed between the detector head and a 
compression paddle during the image acquisition. The results from a patient study 
showed that this BSGI system provides improved sensitivity for the detection of 
nonpalpable and sub-centimetre lesions, compared to scintimammography performed on a 
general-purpose gamma camera [59]. 

The second and third systems, namely the Discovery NM750b (GE Healthcare, 
Milwaukee, WI) and the LumaGem 3200s (Gamma Medica, Inc., Northridge, CA), are 
dedicated CZT-based detectors. For this reason are also called molecular breast imaging 
systems (MBI). In both MBI systems the breast in placed between two opposing detector 
heads and light compression is applied in order to reduce the breast thickness and reduce 
patient motion during the imaging acquisition. This dual-head configuration has the 
advantage of ensuring that no lesion is more than half of the breast thickness from either 
detector. This results in improved sensitivity for the detection of sub-centimetre breast 
tumours compared to a single CZT detector [60]. The same has also been demonstrated 
in studies on BGSI systems that use scintillation technology, in which is recommended 
the use of dual-head configuration in order to improve the lesion detection [6]. 

Table 2.1 – Summary of the commercial SPEM scanners specifications. The main specifications of 
each system are presented (PSPMT: position sensitive photomultiplier tube; NaI: sodium iodide; 
CZT: cadmium zinc telluride). 

In recent clinical studies performed by O’Connor’s research group, the use of 
these MBI systems have demonstrated their ability to detect breast cancer occult on the 
traditional modalities (X-ray mammography) while maintaining an equivalent specificity 
[60,61], and its potential to be a useful breast cancer screening modality, specially for 
women with mammographically dense breast at increased risk of breast cancer [62-64]. 
However, to be used as a screening procedure, this method will need to show equivalent 
performance at decreased radiation dose (an comparison study analysed the risks of 
radiation induced cancer from X-ray mammography, MBI and PEM [65]). In order to 
reduce the effective dose of MBI exam to the level of screening mammography (X-ray), 

SPEM system System 
geometry 

Scintillation 
materials Photodetector 

Pixel size 
(mm2) 

Detector 
size (cm) 

Dilon 6800 (BSGI) One head NaI PSPMT 3×3 20×15 
Discovery NM750b (MBI) Dual head - CZT 2.5×2.5 20×20 
LumaGem 3200s (MBI) Dual head - CZT 1.6×1.6 20×16 
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several technological developments have been made, which essentially include the 
optimization of the collimator design [22] and developments in the detector technology 
[66]. 

Comparatively with the breast MRI technique, early results indicate that MBI 
has comparable sensitivity, but at a fraction of the cost per procedure. However, for very 
small breast lesions (2-4 mm range) the MBI technique has still limited detection 
sensitivity [48]. 

Finally, the SPEM systems of Table 2.1 provide planar images (for example, in 
the cranio-caudal and medio-lateral oblique views) that are analogous to those in 
screening mammography, facilitating interpretation and comparison with mammography 
[48]. However, in planar images the 3D information is squeezed in a 2D projection, so 
that the contrast between lesion and background is significantly reduced. Moreover, in 
these dedicated systems the axilla and the chest wall cannot be visualized [6], which 
results in viewing a truncated breast volume in the image. This limitation is recognized 
by the manufactures of these systems [6] and by the scientific community that is working 
on different solutions for this issue, as we will see on the next subsection. 

2.2.4 SPECT systems for breast and chest wall imaging 

Regarding the tomographic technique, the primary advantage of SPECT 
mammography is its ability to provide 3D information. For this reason, it was hoped that 
the use of SPECT instead of planar scintimammography could improve the detection of 
breast lesions. While some comparative studies demonstrated SPECT to offer similar 
sensitivity and specificity over planar methods [67,68], a study that analysed the 
detection of sub-centimetre lesions in the breast, demonstrated that SPECT 
mammography offer better sensitivity than planar scintimammography in the detection 
of lesions with a size of ≤10 mm [69]. 

Recently, the development of dedicated SPECT systems, which use a scanning 
trajectory that closely follows the pendant breast contour with the patient in prone 
position, has been documented [9-14]. Herein, we will focus on the approaches that 
permit to detect lesions in both breast and chest wall regions. These systems use different 
collimation geometries to image the regions above the detector heads, as illustrated in 
Figure 2.10. 

(a) Parallel hole collimator – The first approaches found in the literature, 
which use parallel hole collimators coupled to SPECT systems with tiltable heads, were 
reported by Tornai’s research group [8,9,12]. By tilting the camera off axis with respect 
to the breast’s central axis (nipple to chest direction), this geometry allows closer 
proximity to the breast and the detection of lesions in the chest wall region. The 
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detection of 1.6 mL chest wall lesions (spherical lesions with an diameter of 
approximately 1.5 cm) has been reported [8]. 

(b) Pinhole collimator – Tornai’s research group also developed another 
imaging geometry that uses pinhole collimation [10]. In comparison with the previous 
approaches that utilize parallel hole collimators, this pinhole collimator has two main 
advantages: allows for improved resolution and sensitivity at short breast-collimator 
distances, enabling the detection of small lesions (0.6 cm in diameter); and the reduced 
collimator sensitivity at longer distances ensure that the torso background contamination 
(from heart and liver) in the imaging data is also reduced. However, the pinhole 
geometry requires the use of large detectors (in this specific approach the detector size is: 
40×20 cm2) in order to ensure an adequate FOV that includes the entire breast volume. 

(c) Rotating slant hole collimator – The use of a rotating collimator with 
slanted holes oriented to the chest wall region was also reported [11,13,14]. The results 
obtained in a simulation study [11], demonstrated that this imaging design provides high 
quality images and allows the detection of 0.8 cm breast lesions. However, given the 
rotation of the collimator, this prototype is more complex compared to the 
aforementioned approaches.  

 
Figure 2.10 – Illustration of the different documented approaches that permit to detect lesions in 
both breast and chest wall regions: (a) system with parallel hole collimator coupled to a tiltable 
head (above) and reconstructed breast image for a tilting angle of 20º (below), (b) system with 
pinhole collimator coupled to a tiltable head (above) and reconstructed image of a breast phantom 
with cold disks (below), and (c) system with rotating slant hole collimator coupled to a tiltable 
head (above) and reconstructed breast image (below). Adapted from [8,10,14]. 

Overall, in all documented solutions the collimator holes or aperture are 
oriented toward the chest in order to image both breast and chest wall regions. The 
results were obtained by using either physical or simulated anthropomorphic phantoms 
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filled with clinically realistic concentration ratios of Tc-99m and containing small breast 
lesions (down to 0.6 cm). 

A concern when using these approaches is the torso background interference. By 
pointing the collimator holes toward the chest, heart and liver activity are introduced 
into the camera’s field of view at some projections, potentially contaminating the 
acquired data and thus, the reconstructed images [9]. 

Another concern with these imaging approaches is insufficient data sampling. In 
fact, these imaging geometries do not allow a sufficient data acquisition in order to 
obtain a complete 3D reconstruction. Therefore, there is the potential for artefacts in the 
reconstructed images [10]. 

Despite the issues and imaging limitations of these approaches, the obtained 
results demonstrate the feasibility of the solutions in the detection of sub-centimetre 
lesions located in the chest wall region. 

In this thesis, an alternative approach will be researched, in order to solve the 
SPEM imaging limitation in detecting lesions in the chest wall region. The goal is to 
develop a simpler and more efficient collimation geometry (with improved sensitivity and 
spatial resolution) compared to the previous approaches. 

2.3 Positron Emission Mammography 
Positron Emission Mammography (PEM) is a breast-dedicated imaging 

technique that shares its basics principles with the conventional full body PET. 
Both PEM and PET use radiopharmaceuticals that are labelled with a positron 

emitter radionuclide. The 18F-fluorodeoxyglucose or 18FDG, a glucose analogue that is 
labelled with the positron emitter 18F, is the typical radiopharmaceutical used in PEM [6]. 
For the detection of breast tumours, 18FDG-PET have been reported to have similar 
sensitivity as that of Tc-99m-SPECT [70]. Moreover, a preliminary study with PEM 
shown comparable sensitivity between this technology and MRI [71]. 

In contrast with SPECT, PET does not involve the use of collimators. The 
detection mechanism of the radiotracer uptake is as follows (see Figure 2.11). The 
emitted positron, an antiparticle of the electron with opposite charge, travels in tissue 
until it decelerates to a point where it can interact with an electron. This interaction 
annihilates both positron and electron, resulting in the production of two annihilation 
gamma photons, which move in opposite directions (with an angle of 180º between them, 
approximately). By the simultaneous detection of both annihilation photons is possible to 
establish the Line of Response (LOR), the line along which the positron annihilation 
occurred.  
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Figure 2.11 – Illustration showing the detection of both annihilation photons. The line at green 
represents the Line of Response. 

This process of coincident detection, also called as digital collimation, allows to 
make much more efficient use of the emitted photons. As a result, PET typically 
provides much higher sensitivity than SPECT. Other advantages include better spatial 
resolution, except for small-animal imaging [15], and a better potential for quantitative 
imaging [72]. The Table 2.2 compares the sensitivity, spatial resolution and typical FOV 
of clinical (mostly full-body systems) and preclinical (mostly small-animal systems) 
SPECT and PET scanners. For the breast-dedicated PET systems, PEM, the 
performance values range between those of clinical and preclinical PET systems. The 
same applies to the breast-dedicated SPECT systems, SPEM, and the corresponding 
clinical and preclinical systems. However, it should be noted that the preclinical SPECT 
systems used for small-animal applications mainly use pinhole collimation, which are 
projected to produce highly magnified projections, to achieve high resolutions (0.5-2 mm). 

Table 2.2 – Main performance characteristics of clinical and preclinical SPECT and PET scanners. 
Adapted from [15]. 

The first design of a PEM system was reported in 1994 [73]. Since this initial 
feasibility study, several other PEM systems were proposed (a complete overview is 
provided by Hruska et al. [6]). One of these systems is the Clear-PEM system, which will 
be described below in detail (subsection 2.3.2). 

The most typical PEM design consists of two flat detectors placed on opposite 
sites of the breast. Since the two detectors can be put in close proximity to the breast, 
high sensitivity and spatial resolution (~2 mm, compared to ~5 mm of a conventional 

 Clinical PET 
Preclinical 

PET 
Clinical 
SPECT 

Preclinical 
SPECT 

Sensitivity 1-3% ~2-4% 0.01-0.03% ~0.3% 
Resolution ~5 mm 1-2 mm ~10 mm 0.5-2 mm 

FOV ~50 cm ~7 cm ~50 cm ~8 cm 
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PET scanner) can be achieved, while minimizing background effects from potential 
uptake from the tracer in the heart [6]. 

As in the case of SPEM scanners, a common trend of the previous PEM systems 
is pixelated crystals in conjunction with high-resolution position-sensitive photodetectors 
[33]. However, good energy and, specially, coincidence time resolution are required in 
order to reduce both high background scatter and random coincidences rates, mainly 
arising from torso activity. For this reason, new scintillation materials with good-energy 
resolution and coincidence time resolution, such as lutetium oxyorthosilicate (LSO), have 
been used to replace other crystals, such as sodium iodide doped with thallium (NaI(Tl)) 
[74]. 

More recently, Peng et al. [75] have proposed a CZT-based PEM system that is 
similar to previous efforts with respect to the dual-detector geometry, however with 
improved depth-of-interaction (DOI) capability. By retrieving the DOI information, the 
system provides an accurate positioning of the detected photons, which yields a uniform 
and isotropic resolution throughout the full FOV. 

2.3.1 Commercial PEM scanners 

Regarding the commercial PEM scanners, the first to become commercially 
available was the PEM-FLEX (Naviscan Corporation, San Diego, CA) [76]. This system 
comprises two opposing coincidence detectors housed inside movable paddles, which 
immobilize a patient’s breast with mild compression during scans, analogous to 
mammographic positioning. Since the detectors do not surround the breast or rotate, 3D 
reconstruction is accomplished by limited-angle tomography, with significant blurring in 
the direction perpendicular to the detector face. The spatial resolution between 3D image 
planes ranges from 6-9 mm. 

The second and last scanner, until now, to become commercially available was 
the MAMMI-PEM (Oncovision, Valencia, Spain) [77]. This system consists of a ring of 
12 detectors shaping a dodecagon with an aperture of 19 cm. The major difference of 
each detector design when compared with other PEM systems is the use of 40×40 mm 
monolithic crystals of LYSO, instead of small pixelated crystal arrays. The use of large 
crystals increases the active detection area, which allows for improved count sensitivity. 
The positioning of the detected photons within each crystal is assured by using PSPMT 
and Anger like electronics. The reported spatial resolution of this system is ~2 mm. The 
MAMMI-PEM scanner was designed so that the patient lies down in prone position 
during the scan. Since the detector size restricts the FOV length along axial direction to 
40 mm, the detector ring is coupled to a vertical elevator that sequentially moves along 
the breast, increasing the axial FOV up to 17 cm. 

The previous systems specifications are summarized in Table 2.3. 
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Table 2.3 – Summary of the commercial PEM scanners specifications. The main specifications of 
each system are presented (LYSO: lutetium yttrium oxyorthosilicate; PSPMT: position sensitive 
photomultiplier tube; FOV: field of view; DOI: depth-of-interaction). 

2.3.2 Clear-PEM scanner 

As mentioned, several PEM instruments have been investigated in order to 
improve the breast cancer detection. One of theses efforts was performed by the Clear-
PEM project, which is a Portuguese research project developed by the consortium PET-
Mammography with the aim of building a PEM scanner [78]. 

This consortium works closely together with the Crystal Clear Collaboration at 
CERN (European Organization for Nuclear Research) at Geneva, Switzerland, and has 
already developed two PEM prototypes (see Figure 2.12): one named Clear-PEM [7] and 
the other one named Clear-PEM Sonic [79], which allows to perform both modalities: 
PEM and ultrasonography. Both these prototypes are dual head systems. During data 
acquisition, the two opposite detector heads can rotate around the breast, with the 
patient lying down in the prone position, in order to obtain full tomographic images. The 
scanners are able to image the breast with high sensitivity, specificity and spatial 
resolution [80]. 

 

 
a) 

 

 
b) 

Figure 2.12 – Pictures of the PEM prototypes developed by the Consortium PET-Mammography: 
a) Clear-PEM prototype during an acquisition with a patient and b) Clear-PEM Sonic. Adapted 
from [80,81]. 

 
The Clear-PEM scanner consists of two parallel detector heads covering 

172×152 mm2 field of view. Each head is composed by 8 supermodules, each one 

PEM system System 
geometry 

Scintillation 
materials Photodetector Crystal size 

(mm3) 
FOV size 

(cm2) 
DOI 

capability 
PEM-FLEX Dual head LYSO PSPMT 2×2×13 24×16 No 
Mammi-PEM Ring LYSO PSPMT 40×40×10 19×17 No 
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composed by 12 modules with 32 LYSO:Ce (lutetium yttrium oxyorthosilicate doped 
with cerium) crystals measuring 2×2×20 mm3, with 0.3 mm spacing between them, 
which results in a average pixel size of 2.3×2.3 mm3 [82]. The LYSO:Ce scintillator 
provides the adequate scintillation and mechanical properties for PET applications, such 
as: high light output (27 photons/keV), fast decay time (42 ns), high density (~7 g.cm-3) 
and high effective atomic number ensuring a high detection efficiency for 511 keV 
photons [83]. As other scintillators based on lutetium, the LYSO:Ce have an intrinsic 
activity that arises from the decay of 176Lu. The impact of this activity on the 
performance of the Clear-PEM scanner has been investigated [84].  

The detector crystals are optically coupled on both extremities to avalanche 
photo-diodes (APD), as illustrated in Figure 2.13, and readout by a fast low-noise 
electronic, which has been previously described in detail [83,85-89]. The depth-of-
interaction (DOI) of the detected photons is determined by the asymmetry of the light 
collected on the two APD pixels reading out the same crystal. Results obtained with the 
Clear-PEM scanner showed that the DOI resolution of 2 mm allows to achieve an image 
resolution of about 1.3 mm at the centre of the FOV [82], which is suitable for 
millimetric tumour detection. Other main technical characteristic of this system is the 
energy resolution of 15.9% at 511 keV [81], whereas for the Clear-PEM Sonic is 13.3% 
[80]. 

 

 
Figure 2.13 – Scheme of the Clear-PEM detector heads (at centre). The acquisition geometry (at 
right) and the composition of one module (at left) are also shown. The PCBs (of Printed Circuit 
Board) that connect the APDs to the detector electronics are indicated. Adapted from [90,91]. 

 
However, given the detector geometry of the Clear-PEM scanner, it is only 

possible to image a breast region that is located between the detector heads (see Figure 
2.14(a)). In fact, the pairs of annihilation photons emitted from positions outside this 
region do not produce a detectable line of response (LOR) (Figure 2.14(b)). Therefore, 
the breast regions that stand above the detector heads are not imaged and the lesions 
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located in this breast section are not detected. These regions correspond to the chest wall 
and axillary regions, which are important areas for cancer diagnosis [5]. 

 

 
a) 

 

 
b) 

Figure 2.14 – Illustration of the detection geometry of the Clear-PEM scanner: a) a lesion located 
in a region between the detector heads produces a detectable LOR and b) a lesion located in a 
region above the detector heads do not produces a detectable LOR. 

 
Since the work presented in this thesis was developed within the framework of 

the Clear-PEM project, it is intended to research the feasibility of imaging both breast 
and chest wall regions with the Clear-PEM scanner. By using a specific collimator and 
the Clear-PEM in singles mode, instead of coincidence mode, should be possible to detect 
lesions in the chest wall region (see Figure 2.15). To test this hypothesis, the collimation 
geometry developed in this work to solve the same imaging limitation of the SPEM 
systems will be adapted to the Clear-PEM characteristics. The quality of the images 
obtained with this approach will be analysed. 

 

 
Figure 2.15 – Illustration showing a possible solution to enable chest wall imaging in the Clear-
PEM scanner. Two collimators, whose holes are oriented toward the chest, are coupled to the 
detector heads in order to allow the detection of lesions within the chest wall region.  
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2.4 Dual modality PET/SPECT systems 
As aforementioned, it is intended to research the feasibility of using the Clear-

PEM system in singles mode (or SPECT mode), in order to overcome the actual 
limitation in imaging the breast regions above the detector heads. Besides this objective, 
it is important to highlight the advantages in enabling SPECT imaging in a PET scanner, 
the challenges involved in this process and also the main developments made in this field. 

2.4.1 Advantages 

Enabling dual modality PET/SPECT imaging in a single system is an attractive 
solution for many reasons: 

• It is more cost-effective than using separate PET and SPECT devices, 
reducing the initial investment and maintenance costs [92]; 

• Offers the possibility of PET/SPECT dual tracer imaging applications and 
exams for a wider range of radiotracers [93]; 

• Benefit from the SPECT advantages: radiotracers with lower effective dose 
to the patient, greater availability, low-cost production and long half-life, 
which can benefit tracer transportation and studies with long biological time 
span [94]. 

In the specific case of the Clear-PEM scanner, the final solution developed in 
this thesis would enable the scanner to perform both 18FDG-PET and Tc-99m-SPECT 
imaging studies of the breast.  

Besides the clinical applications, the Clear-PEM scanner has shown a 
performance that is suitable for small animal imaging and it is being used in preclinical 
applications [80]. However, the study of small animal models of disease in vivo requires 
the use of a wide range of PET and SPECT imaging agents [92]. For this reason, 
enabling SPECT imaging in the Clear-PEM scanner, or particularly the simultaneous 
PET/SPECT acquisition may open the door for many potentially new preclinical 
applications. 

2.4.2 Challenges 

PET and SPECT scanners consist of the same basic components: radiation 
detector, fast electronics and processing computer. In spite of this, there are many 
technical challenges involved in adapting a PET scanner for SPECT imaging applications: 

i) Difficulty in approaching the collimator to the detector elements. In 
SPECT systems the collimator is placed in close proximity to the detector 
in order to reduce the detector-object distance, which improves the overall 
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system performance. However, this design is not possible in the Clear-
PEM scanner, due to the existence of components in front of the detector 
elements, such as circuits, wiring or cooling plates. 

ii) PET detectors have lower energy resolution than that of dedicated 
SPECT scanners. Therefore, the ability to remove scattered events from 
the image data is reduced, which results in lower image contrast [94]. 

iii) The LYSO crystals have an intrinsic activity, from the lutetium 176Lu 
radioactive decay. This intrinsic background activity has minor impacts 
on PET performance, mainly due to the low energy of gamma rays 
emitted from 176Lu (307, 202 and 88 keV). However, the energy range of 
these gamma emissions overlaps with that used on SPECT applications 
(140 keV). Therefore, the intrinsic activity of 176Lu in the LYSO crystals 
contaminates SPECT data and can generate image artefacts. Despite this 
limitation, some studies highlight the potential of LYSO based gamma 
cameras for use in single photon imaging applications [95,96]. Furthermore, 
background subtraction methods are available and its effectiveness in 
removing the artefacts caused by 176Lu activity has been demonstrated [94]. 

These technical challenges complicate the adaptation of the Clear-PEM to 
SPECT acquisitions and impose restrictions in the collimator design. Given these 
constraints a lower detection sensitivity and image contrast are expected, when compared 
to the results obtained with a dedicated SPECT mammography system. 

2.4.3 Research PET/SPECT systems  

In the last decade, dual modality PET/SPECT systems have been developed. 
Most of them are preclinical simultaneous PET/SPECT systems [97]. In fact, 
radionuclide imaging of small-animals has become increasingly important in preclinical 
research [15,98]. On the other hand, a system that allows simultaneous PET/SPECT 
acquisitions makes it possible to visualize many new combinations of tracers in a single 
scan procedure, resulting in perfectly aligned images of different biological processes [99]. 

Small-animal imaging studies using dual-isotopes, such as Tc-99m and 18FDG, 
and a single pinhole collimator, have been reported [93,100]. Other imaging studies using 
small-animal PET scanners have also demonstrated that 140 keV photons (of Tc-99m) 
can be efficiently detected for both LSO [94] and LYSO scintillators [92].  

Given the technical challenges, there has been little reported about clinical 
PET/SPECT systems [97]. Most clinical studies involve the assessment of myocardial 
perfusion and viability, using either SPECT imaging of 18FDG [101,102] or simultaneous 
PET/SPECT imaging (of 18FDG and Tc-99m) [103], with high-energy parallel hole 
collimators.  
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Regarding the PET/SPECT systems for breast imaging applications, the 
development of a LYSO based scanner was reported by Liang et al. [104]. This was the 
only approach found in the literature for both positron and single photon mammography 
imaging applications. Meanwhile, the development of instrumentation, and also the 
recent release of SPECT/PET/CT (sequential imaging) systems in the preclinical market 
may enable future developments in the clinical PET/SPECT imaging [97]. 

2.5 Conclusions 
In this chapter an overview of the main techniques used for breast cancer 

imaging was provided. X-ray mammography is the golden standard imaging technique for 
the breast cancer screening. We have seen that, to overcome the limitations of this 
technique, other imaging modalities have been researched and introduced to breast 
imaging in the last years. The radionuclide imaging is one of these modalities, which has 
the potential to provide unique information and detect small cancerous lesions. For this 
reason, we have reviewed the physical principles and the recent technological advances 
that permitted to improve and develop breast-specific radionuclide imagers, the PEM 
and SPEM systems. 

Finally, we also reviewed the different approaches that have been developed to 
overcome the limitation of the breast-specific radionuclide imagers in detecting lesions 
within the chest wall region. In this context, we intend to research a simpler approach 
with a more efficient collimator to image the entire breast volume. Furthermore, we also 
intent to study the feasibility of using the Clear-PEM scanner in singles mode, with the 
previous collimation geometry, to image the chest wall region. 

The next chapter addresses the study and development of the appropriate 
collimation geometry to image the breast and chest wall region. 
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C H A P T E R  
 3 

 

3 Projection and Collimator Optimization 

3.1 Introduction 
As mentioned in the previous chapter, the collimator is the main determinant of 

the imaging properties of single photon imaging systems. The choice of the right 
collimator is not an easy task and requires an analysis of the imaging problem at hand. 
Thus, different collimation geometries will be analysed in this chapter, with the aim of 
finding the best collimator to image both breast and chest wall regions with dual head 
radionuclide imagers. 

Since the optimization of the collimator design is essential to obtain the best 
possible sensitivity in SPECT imaging, a significant part of this chapter will be devoted 
to the development of an optimization method for converging collimators. The 
development of this method was challenging and it was published in the Medical Physics 
journal [105]. An analytical approach was required to find the equations that describe 
several collimator parameters. Among them are the equations used to calculate: the 
minimum distance beyond which the convergent collimator performance is not affected 
by the source location relative to the collimator holes (subsection 3.4.4), the mass of a 
convergent collimator (subsection 3.4.5), the spatial resolution of a matched collimator 
design with multiplexing (subsection 3.4.6), and other equations that will be used in the 
optimization method (section 3.5). 

The final step of this study addresses the projection and optimization of 
appropriate collimators for a generic SPEM scanner and for the Clear-PEM prototype.  
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3.2 FOV required to image the breast 
In this section we will define the required size of the field of view (FOV) to 

image the entire breast. This consideration is crucial for the choice of the appropriate 
collimation and requires an analysis of the breast average dimensions. 

The different breast volumes can be categorized as: smallest (~150 cm3), small 
(~300 cm3), medium (~400 cm3), large (~700 cm3) and largest (~1000 cm3) [106]. For 
simplicity, one can assume the basic half-ellipsoidal geometry for the breast model, with 
different values of a, b and c, as displayed in Figure 3.1. The selected values for the 
dimensions a, b and c, and the breast axes along which they are measured are presented 
in Table 3.1. 

 
Table 3.1 – The selected values for the half-ellipsoidal dimensions and the breast axes along which 
they are measured. 

Dimension Selected value 
(cm) Breast axes 

a 5 long-axis (breast lateral dimension, 2×a) 
b 5 Height (breast cranio-caudal dimension, 2×b) 
c 8.5 short-axis (breast antero-posterior dimension, c) 

Table 3.1 presents the average dimensions of the breast in prone position. These 
values have been selected based on data reported on scintimammography studies [106,107] 
and the volume of the half-ellipsoid is approximately 445 cm3. Therefore, the collimator 
FOV should be larger than 2a×2b×c, specially in the c dimension in order to include the 
entire breast and chest wall region. Using as reference the bed thickness of the Clear-
PEM prototype (approximately ~1.5 cm), a FOV that reaches a maximum region of 2 cm 
above the bottom surface of the patient bed should be sufficient to image the chest wall 
region. Therefore, we will assume a minimum c dimension of 10.5 cm (8.5+2). These 
considerations will be used throughout this work.  

 

 
Figure 3.1 – Illustration showing the breast in prone position and the basic half-ellipsoidal 
geometry for the breast model.   
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3.3 Choosing the collimation geometry 
The choice of a collimator represents a trade-off between three parameters: the 

FOV size, the sensitivity and the spatial resolution. In some cases, if resolution is not 
important, a collimator with high sensitivity should be preferred to minimize the dose to 
the patient. However, high resolution, which improves both spatial detail and image 
contrast, is important to detect small lesions in breast imaging applications. As we have 
seen in the previous chapter, the recent MBI technique has still limited detection 
sensitivity for very small breast lesions (2-3 mm range). Therefore, we aim to project a 
collimator with high sensitivity and a spatial resolution of approximately 3 mm at the 
centre of the FOV. 

Although there are numerous possible collimation geometries, each one with 
different hole shapes and dimensions, the first approach was created heuristically, based 
on the geometry of the scanner. Analysing the dual head geometry of the recent SPEM 
scanners, the only way to reach the chest wall region is by pointing the collimator holes 
or aperture toward the torso, as illustrated in Figure 3.2. Alternatively, we could place 
the torso between the two opposing detector heads. However in this case, the distance 
between the detector heads must significantly increase and the heart will be overlapped 
with the breast, which results in poor image quality and compromises the detection of 
small breast lesions [8]. 

 

 
Figure 3.2 – Illustration showing a possible solution to enable chest wall imaging in a conventional 
dual head SPEM system. The dashed lines show the collimator FOV.  

  
Figure 3.2 shows two slant hole collimators, whose holes are parallel and 

oriented toward the torso, coupled to the detector heads. In fact, this collimation 
geometry could be a possible solution for the described imaging problem. However, one 
can achieve better collimator efficiency, without compromising spatial resolution, by 
focusing the holes toward the object. As we have seen, this is a particular feature of the 
convergent collimators. 



3  Projection and Collimator Optimization 
 

 
 40 R. Capote  

The convergent collimators, in which the holes converge to a focal line (fan 
beam) or to a focal point (cone beam), allow for improved lesion detectability [108], 
better resolution and sensitivity when compared to parallel geometry [52]. Since the 
sensitivity is larger for converging collimators, more counts are detected and this allows 
for one of the following: 

• reduction of the effects of statistical image noise [109], or 
• faster acquisition times, or  
• reduction of the effective dose required to perform a SPECT exam.  
For these reasons, in the past, various converging beam geometries have 

emerged in SPECT imaging of smaller organs, such as the brain [110] and the heart [111]. 
Therefore, the convergent collimators are a good choice for breast imaging, particularly 
the cone beam geometry since the convergence in both directions allows for better results 
in both axial and transverse axes.  

The higher efficiency of cone beam collimators is, however, obtained at the price 
of a reduced FOV. Therefore the detector must be larger than the object size; otherwise 
the collimator holes convergence will not be possible without truncating the object. 
Fortunately, the commercial SPEM scanners are designed to meet this requirement, since 
the detector area must be large enough to image all breast volumes. 

Besides the cone beam collimators, the pinhole collimators are also used for 
imaging small animals and organs, such as the breast [10] (as we have seen in subsection 
2.2.4). Pinhole collimators can provide very high resolution and maximum sensitivity at 
short object-collimator distances. Furthermore, this collimation geometry is more 
resistant to radiation penetration and easy to manufacture than parallel or convergent 
collimators [72]. However, the pinhole collimators require the use of large detectors in 
order to ensure a FOV that includes the entire object volume. For this reason, the 
pinhole collimators are used to image very small objects and the convergent collimators 
(fan and cone beam) are used to image larger objects [112]. So the question arises: which 
collimation geometry is more advantageous to image the breast with the conventional 
SPEM scanners, cone beam or pinhole? 

3.3.1 Cone beam vs. Pinhole 

In order to answer to the previous question, we will use the selection criterion 
proposed by Zeng G.L. [112], which determines which collimation geometry (pinhole or 
cone beam) should be used in a particular imaging application. This selection criterion 
was developed based on the analysis of the equations that describe the spatial resolution 
and sensitivity of both pinhole and cone beam collimators. From this analytical study the 
following condition was found:  
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Assuming that both pinhole and cone beam collimators have equal resolution (or 
sensitivity), if f < 5b, the cone beam will have better sensitivity (or resolution). 
Otherwise, if f > 5b, the pinhole will have better sensitivity (or resolution). 

 
In the previous condition, f is the focal distance required to image an object at 

object-focus distance b, as illustrated in Figure 3.3. Therefore, the choice of the 
collimation geometry is mainly determined by these two parameters. The focal distance f 
can be calculated from the object axial dimension O, the object-focus distance b and the 
detector size G, as we will see below. 

By assuming the typical size of the SPEM scanners (~20×20 cm2) and a 
medium sized object with a diameter of ~5 cm, the required focal distance to image this 
object can be obtained from the geometry in Figure 3.3. For G=20 cm, b=5 cm and 
O=10 cm, the required focal distance is f=10 cm. Note that these object dimensions are 
similar to those in the breast [107]. So, we can conclude that the first condition is easily 
satisfied (10<5×5) and, therefore, the cone beam collimation is more advantageous in 
terms of spatial resolution and detection sensitivity for breast imaging applications. 

However it should be mention that for a detector size of ~50×50 cm, the 
required focal distance to image the same object size is f=25 cm. In this case, we are in 
the limit of the Zeng’s criterion (25=5×5), above which the pinhole collimator should be 
the best choice in terms of spatial resolution and sensitivity.  

One way to increase the pinhole detection sensitivity while obtaining high 
spatial resolution is to increase the number of pinholes in the collimator, resulting in a 
multi-pinhole collimator [113]. In order to research the feasibility of using multi-pinhole 
collimation for breast imaging applications, different designs were analysed in a very 
initial stage of this work. However, several limitations were found:  

 
Figure 3.3 – Illustration showing the parameters used in the selection criteria proposed by Zeng. 
The dashed lines represent the field of view of the pinhole collimator. The parameter f is the focal 
distance required to image an object with axial dimension O and at object-focus distance b, with a 
detector size G. 

f 

D
et

ec
to

r 

b O 

Pinhole 
Collimator 

FOV 

G 



3  Projection and Collimator Optimization 
 

 
 42 R. Capote  

• Difficulty in designing a multi-pinhole collimator whose FOV includes the 
entire breast; 

• Increasing complexity of design (complicating the image data reconstruction) 
and the possibility of multiplexing (pinhole projection overlap in the 
detector), which results in loss of resolution and image contrast [114]; 

• Insufficient detector surface coverage. Although a multi-pinhole design that 
avoids multiplexing is possible, in this case the detector surface is not fully 
used. Therefore, the system performance is reduced. Figure 3.4 shows the 
dead zones (grey areas) in the detector that are not covered by any pinhole 
projection (coloured areas).  

For these reasons, the cone beam geometry was chosen. However, for projecting 
the collimator it is important to know which collimator dimensions provide the maximum 
sensitivity for the required spatial resolution (~3 mm). Therefore, an optimization 
method was developed in this work to optimize the dimensions of convergent collimators. 
The following section (3.4) includes a review and also the deduction of equations that 
describe the performance of fan and cone beam collimators, which will be used in the 
optimization method (presented at section 3.5). 

 

3.4 Convergent collimator theory 
The geometric efficiency and spatial resolution of converging collimators is 

usually predicted using the equations developed by Moyer [115]. However, as we have 
seen in the previous chapter, Wieczorek and Goedicke [58] developed a new approach to 
evaluate the performance of collimators for pixelated detectors. 

 
Figure 3.4 – Scheme of a collimator with 7 pinholes. The position of the pinholes (at left) and 
their projections at the detector surface (at right) are shown. 
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With pixelated detectors, a matched collimator design is possible in which each 
collimator hole directly aligns with each detector element. This kind of collimator is 
designed to have a square hole shape to exactly match the active areas of the detector 
elements [116], as illustrated in Figure 3.5. For a matched collimator design, each hole 
and its corresponding pixel are independent of other holes and pixel units [116]. Thus, 
the system resolution (collimator and detector combined) is determined only by the 
collimator resolution, offering improved spatial resolution compared to conventional 
collimator hole designs [22]. In addition, since the active portions of each detector pixel 
are aligned with the collimator holes rather than being covered by the septa, the 
efficiency of the system is maximized [116]. Finally, for a matched collimator design the 
sum of the hole diameter d0 and septal thickness t0 is equal to the pixel pitch size 
(p0=d0+t0). 

The next subsections describe the fan and cone beam equations for the matched 
collimator design. 

3.4.1 Fan beam geometry 

The geometric efficiency Efan or sensitivity of a fan beam collimator, shown in 
Figure 3.6, with: square holes, hole diameter (parallel-to-parallel side distance) d0, septal 
thickness t0, detector pixel pitch p0=d0+t0, collimator thickness L0, source-collimator 
distance z0, source-detector distance z0’=z0+L0, hole incidence angle β (with respect to the 
perpendicular on the detector plane) and focal distance fx (assuming focusing in the x 
direction), is described by the following equation [58]: 

 Efan =
d0xd0y

4πL0
2

d0xd0y
p0xp0y

fx
fx'

mx ∙ cos3β!, (3.1) 

 
Figure 3.5 – Illustration showing: (a) Non-matched collimator design and (b) Matched collimator 
design. The useful active area of the detector is less than maximum, when the collimator septa 
(blue) differ in size or are not aligned with the pixels (gray). 
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where fx’=fx+L0 and the magnification factor, mx, is given by mx=fx’/(fx-z0). The 
parameters d0x and d0y correspond to the hole diameter at the detector side in the x and y 
directions, respectively. According to the analysis based on the single pixel response 
function (SPRF) theory [58] and as we have seen in the case of the matched parallel hole 
collimator (subsection 2.2.2), the Equation (3.1) is calculated by combining the same 3 
factors:  

i) the normalized solid angle, which is dxdycos3β/(4πz0’2) with dx and dy giving 
the lower surface of the hole and the term cos3β resulting from the 
projection on the pixel area (cos β) and the larger surface of the 
normalizing sphere around the source (cos2β); 

ii) the region seen from a detector pixel, which is reduced to 
dxdy(z0’/L0)2(fx/fx’) due to the smaller upper surface of the holes of the fan 
beam collimator; 

iii) and the voxel area, which is pxpy/mx. 
Due to the magnification factor mx, this analytical formula diverges at the focal 

locus of the collimator. For these points, a non-diverging analytical formula [117] could 
be used for the local efficiency calculation. However, it must be noted that an exact 
calculation of the focal locus efficiency is beyond the scope of this study, since it is 
assumed that the collimator focus is outside the FOV (z0 < fx) and for this region the 
efficiency values provided by both formulas are similar. 

The spatial resolution in the x direction (Rfan x) is different from the one in the y 
direction (Rfan y) and they are given by [58]: 

 
Figure 3.6 – Schematic of the side view of a fan beam collimator (convergent in x direction and 
parallel in y direction). The collimator thickness L0, hole diameter d0 (at the detector side), septal 
thickness t0, pixel pitch p0, source-collimator distance z0, source-detector distance z0’, focal distance 
f and focus-detector distance f’, are indicated. The black dashed lines at the centre of the holes 
represent the hole axis with different incidence angles β. 
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 Rfan x = σ ∙ d0x
z0'
L0

fx
fx'
!, and (3.2) 

 Rfan y = σ ∙ d0y
z0'
L0
!. (3.3) 

The Equation (3.3) is equal to the one used in the calculation of the spatial resolution of 
the parallel hole collimator (Equation (2.2)). For the spatial resolution in the x direction, 
Equation (3.2), the derivation is similar to the case of the parallel hole collimator. Thus, 
the resolution (Rfan x) is equal to the flat central part of the SPRF, which has width d0/mx, 
and the width of one slope of length d0xz0/L0. 

The correction factor σ, in Equations (3.2) and (3.3), depends mainly on the 
ratio of source-detector distance to collimator length and hole shape, and should be 
included for a correct description of the matched collimator resolution. For a source-
collimator distance of 5 cm, the correction factor σ has a value of 0.96 for square-hole 
collimators [58].  

3.4.2 Cone beam geometry 

The geometric efficiency Econe of a cone beam collimator, whose holes converge 
in both directions, with: equal focal distance (in the x and y directions), hole diameter d0, 
pixel pitch p0 and magnification factor m=f’/(f-z0), is given by [58]: 

 Econe =
d0

 2

4πL0
2

d0
 2

p0
2

f!2

f'!2 m2 ∙ cos3β!, (3.4) 

and the spatial resolution is equal along both axes and corresponds to 

 Rcone = σ ∙ d0
z0'
L0

f
f!' !. (3.5) 

These fan and cone beam collimator designs have uniform hole sizes and tapered 
holes (see Figure 3.6), whose hole diameter increase in size with distance from the 
collimator surface. Compared to other convergent collimator designs, this geometry has 
two main advantages: 

i) The spatial resolution is independent of the point source position in the 
object plane (at a fixed source-collimator distance z0) [58,118]. Therefore, 
this collimation geometry provides a uniform resolution throughout each 
object plane (parallel to the collimator surface).  

ii) There is gain in sensitivity. The sensitivity gains are large for the very 
short focal distance, which is beneficial for small FOV imaging 
applications [118]. 



3  Projection and Collimator Optimization 
 

 
 46 R. Capote  

Since both efficiency and spatial resolution are influenced by partial penetration 
of the gamma rays in the collimator septa, in Equations (3.1)-(3.5), L0 is replaced by the 
effective collimator thickness Leff=L0−2/µ, z0 is replaced by zeff=z0+1/µ and z0’ is replaced 
by z’eff=zeff+Leff [58], where µ is the linear attenuation coefficient of the collimator 
material. By assuming an effective septa length (Leff) that is reduced by 1/µ on either 
side, the septal penetration effects are taken into account. For lead (µ=26.32 cm-1) and 
tungsten (µ=34.48 cm-1) collimators, 1/µ is approximately 0.4 mm and 0.3 mm at 140 
keV, respectively. 

3.4.3 Average efficiency 

In contrast to the parallel hole collimators, the geometric efficiency of a 
converging hole collimator strongly depends on source position. Equations (3.1) and (3.4) 
for local efficiency calculation show a cos3β dependence resulting in low average efficiency 
for large angles of incidence, as illustrated in Figure 3.7.  

This average efficiency value can be calculated replacing the cos3β factor in 
these equations by the corresponding correction factor a. This factor is calculated 
analytically by integration over the whole detector area, using the maximum elongation 
xmax, ymax and the maximum angle βmax. Assuming that the incidence angle is given by 
cos(β)=f’/r with r2=x2+f’ 2, the fan beam correction factor is equal to the cosine of the 
maximum angle of incidence βm [58]: 

 afan =
1

xmax
cos3β

xmax

0
dx =

f'"3
xmax

dx
r3

xmax

0
!=" f'

f'"2 + xmax2
="cos βmax. (3.6) 

For cone beam collimators, with square or rectangular detector area, with the angle of 
incidence defined by cos(β)=f’/r and r2=x2+y2+f’ 2, the factor is: 

 
Figure 3.7 – Illustration showing the variation of local efficiency along the FOV. The sensitivity is 
higher for regions located directly over the central collimator holes (incidence angle β=0). 
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acone =
f'"3

xmaxymax

dx
r3

xmax

0
dy!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!

ymax

0
 

= f'"3
xmaxymax

xmaxdy
(y2+f'!2) (y2+f'!2)+xmax2

!!!!!!!!!!!!!!!!!!!!!!!!!!!!!
ymax

0
 

!= f'"2
xmaxymax

arctan
xmaxymax

f' xmax2 +ymax
2 +f'!2

!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!! 

!!!!= cot!βx!maxcot!βy!max×arctan(tan βx!maxtan βy!max!cos!γmax), 

(3.7) 

where the angle γmax is defined as the angle from the corner of the cone to the centre, i.e. 
the maximum hole incidence angle of the collimator, βx max and βy max are the maximum 
incidence angles for the holes in the x and y axes, respectively. 

These efficiency values, averaged uniformly over the detector area [58], will be 
used as a means of comparing the average sensitivities of the collimators optimized for 
the different focal distance values and geometries analysed in the following sections. 

3.4.4 Collimator near-field considerations 

As in the case of parallel hole collimators, the equations for the geometric 
efficiency and collimator resolution, Equations (3.1)-(3.5), only apply at distances beyond 
which a source can be detected in adjacent holes. If the source is closer than this 
minimum distance, zmin, the geometric efficiency and resolution values depend on the 
source location relative to the collimator holes. A point source located at the collimator 
surface over the centre of a hole produces more counts than a point source located near 
or directly over a septum. These effects of individual holes and septa vanish as one moves 
the source away from the collimator surface, since more holes will contribute to the 
image [44]. Thus, it is desirable to have a collimator design that minimizes zmin. This is 
particularly important to improve the ability to detect lesions in applications where the 
target object is close or in contact with the collimator surface [22], which is the case of 
breast imaging applications. Therefore, we proposed the following equation, based on the 
geometry in Figure 3.8, to calculate minimum distance zmin of the convergent collimators:  

 zmin = 
!0(d0+2t0)

2d0+f!!-1!0(3d0+2t0)
!. (3.8) 

From Equation (3.8), we quickly find that the zmin value decreases as the focal distance 
also decreases. For the fan beam collimator, the zmin at the y direction (assuming focusing 
in the x direction) is found by setting f=∞ in the previous equation, yielding: 

 zmin!y = 
!0(d0+2t0)

2d0
!. (3.9) 
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Equation (3.9) is equal to the one used in the calculation of the zmin for the parallel hole 
collimator [22]. 

3.4.5 Collimator mass 

The mass of a collimator must be taken into account during its design. If the 
collimator mass is superior to the minimum weight supported by the camera gantry, its 
design will be excluded.  

Although the diameter of the tapered holes between both sides of the 
convergent collimator is different, the open area fraction (d0/p0)2 is constant from the 
bottom to the top. Therefore, by multiplying material density (ρ) by the collimator 
volume (AfaceL0) and by the closed area fraction [1-(d0/p0)2], one obtains a good 
approximation of the collimator mass Mcoll : 

 Mcoll =!ρAface L0 1-
d0
p0

2

!, (3.10) 

where Aface is the area of the collimator surface at the detector side. For simplicity, the 
volume for a parallel hole collimator (AfaceL0) was considered [57], otherwise we would 
have to include a factor: 

! 12 1+
f

f+L0
!!!!or   

1
3 1+

2f!2+fL0

(f!+L0)2 !!!!  

in Mcoll for the fan beam or cone beam geometries, respectively. 

 
Figure 3.8 – Illustration showing the minimum distance zmin beyond which a source S can be 
detected in adjacent holes. A ray emitted from a source S at a distance zmin is shown. The 
collimator thickness L0, focal distance f, the hole diameter d0, the septal thickness t0 and the pixel 
pitch p0 are indicated. 
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3.4.6 Collimator design with multiplexing 

In single-photon systems with pixelated detectors, the collimator is placed close 
to the detector to avoid multiplexing [66]. Therefore, a detector pixel can be reached only 
by photons traveling through a given collimator hole (Figure 3.9(a)), as we have seen in 
the beginning of this section. 

 

 
Figure 3.9 – Illustration showing: (a) the conventional matched collimator design to avoid 
multiplexing (parallel hole collimator); and (b) the design where multiplexing occurs, since 
photons arriving from different collimator holes can hit the same detector pixel. For each case the 
single pixel response function, SPRF (2D view), is shown. The collimator thickness L, object-
collimator distance z, collimator-detector distance c, hole diameter d and pixel size p are indicated. 

 
However, in some scanners is not possible to approach the collimator to the 

detector elements due to the existence of components in front of them (such as circuits, 
wiring or cooling plates), which is the case of the Clear-PEM scanner. According to the 
Clear-PEM architecture, the closest distance that the collimator could be placed is 3.2 
cm away from the crystals. Hence, in this case multiplexing may occur, due to the fact 
that photons arriving from different collimator holes may hit the same detector pixel. 
Therefore the study of this effect is important in context of this work. 

Figure 3.9(b) shows the acceptance angles, which define the possible origin of 
the events detected in the pixel below the collimator hole, for a parallel hole collimator 
design with multiplexing. While on the one hand, the central acceptance angle (dark 
green region) decreases as the collimator-detector distance c increases – as we can see, 
the acceptance angle in Figure 3.9(a) is larger than the central acceptance angle in 
Figure 3.9(b) for the same collimator dimensions (d, L, p and z). On the other hand, the 
largest single pixel response function (SPRF) is obtained in Figure 3.9(b), which is due to 
the contribution of the acceptance angles of the adjacent holes. Therefore, the 
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multiplexing effect results, in terms of sampling, in a widening of the SPRF, degrading 
the spatial resolution. 

The previous Equations (3.2), (3.3) and (3.5), which are used to calculate the 
spatial resolution of matched fan and cone beam collimators, are applicable only as long 
as the photon is detected in the pixel below the collimator hole, not the neighbouring one. 
If the event is detected by neighbouring pixels, this effect must be taken into account in 
the calculation of the collimator resolution. However, to the best of our knowledge, no 
analytical studies on the impact of this effect in the spatial resolution have been reported 
up to now. In fact, the shape and the interruptions in the SPRF, shown in Figure 3.9(b), 
make it difficult to handle this kind of response functions analytically.  
 

 
Figure 3.10 – Illustration showing the approach used to calculate the spatial resolution of the 
parallel hole collimator design with multiplexing. The continuous SPRF (green line) and real 
response function (black line) are shown. The object-collimator distance z, collimator thickness L, 
collimator-detector distance c, the hole diameter d and pixel pitch p, are indicated. 

 
After analysing different approaches, we addressed the problem by assuming 

that the SPRF is continuous and that the spatial resolution, R, is equal to half of the 
SPRF width. The Figure 3.10 shows the continuous response function (green line) and 
the correspondent spatial resolution, Rparallel, of a parallel hole collimator design with 
multiplexing. Based on this geometry, the equation of the spatial resolution can be 
calculated by using simple algebra:  

 Rparallel = d
L+z+c

L = d+d
z
L +d

c
L !, (3.11) 

where the parameter c is defined as the distance between the bottom collimator surface 
and the detector. Note that by setting c=0 in Equation (3.11), one obtains the Equation 
(2.2) that describes the resolution of the parallel hole collimator without multiplexing. 
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Therefore, as in the conventional matched collimator design (without multiplexing), the 
spatial resolution of a parallel hole collimator is equal to the flat central part of the 
SPRF, which has width d, and the width of one slope of length dz/L, which is increased 
by the additional term dc/L for the design with multiplexing. 

The previous approach allowed us to obtain the equation of the resolution for a 
simpler geometry, where all holes are parallel. For the case in which the holes converge, 
the calculation is more complex. However by using the same method and by assuming 
that the distance B (illustrated in Figure 3.11) is approximately equal to the hole 
diameter at the top surface of the collimator (B ≈d0f/(f+L0)), the resultant spatial 
resolution of a cone beam collimator design with multiplexing is: 

 Rcone = d0
L0+z0+c

L0

f
f' = d0

!f-z0
f' +d0

z0
L0

+d0
c

L0

f
f' !, (3.12) 

where f’=f+L0. As in the previous case, by setting c=0 the Equation (3.12) becomes 
equal to the one that is used to describe the spatial resolution of the cone beam 
collimator (Equation (3.5)). Therefore, as in the conventional matched collimator design 
(without multiplexing), the spatial resolution of a cone beam collimator is equal to the 
flat central part of the SPRF, which has width d0/m (where m=f’/(f-z0) is the 
magnification factor), and the width of one slope of length d0z0/L0, which is increased by 
the additional term d0cf/(f’L0) for the design with multiplexing. 
 

 
Figure 3.11 – Illustration showing the approach used to calculate the spatial resolution of the cone 
beam collimator design with multiplexing. The continuous SPRF (green line) and real response 
function (black line) are shown. The distance B is the width of the small triangle used in the 
calculation of the resolution. The object-collimator distance z0, collimator thickness L0, 
collimator-detector distance c, the hole diameter d0 and pixel pitch p0, are indicated. 
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Summarizing, the previous analytical model provides a good approximation to 
the real response functions of both collimator designs, parallel hole and cone beam, with 
multiplexing and the results are consistent with the theory proposed by Wieczorek and 
Goedicke [58]. Furthermore, as expected, the Equations (3.11) and (3.12) show that the 
spatial resolution increases (degrades) as the collimator-detector distance increases. In 
the Equations (3.11) and (3.12), the collimator dimensions (L0 and z0) can be replaced by 
the effective dimensions (Leff and zeff), in order to take into account the septal penetration 
effects. 

It is important to mention that the previous approach has two limitations:  
i) The impact of the multiplexing effect in the overall system efficiency 

(detector and collimator) was not analysed. For simplicity, we assumed 
that the system efficiency is equal to the collimator efficiency, as in the 
case of the conventional matched collimator design (without multiplexing). 
However, in the collimator design with multiplexing the photon may hit 
not only the pixels below the collimator hole but also the gaps between 
them (death areas of the detector). As a result, the system efficiency 
decreases and is smaller than the collimator geometric efficiency. 

ii) The multiplexing effect may not occur for small distances between the 
collimator and the detector (given by the parameter c). In this case, the 
acceptance angle decreases as the collimator-detector distance c increases, 
as we have seen in Figure 3.9. As a result, without the contribution of the 
acceptance angles of the adjacent holes, the SPRF width and the spatial 
resolution decrease rather than increase, as described by the previous 
Equations (3.11) and (3.12). Therefore, for small collimator-detector 
distances the resolution is equal to the one of a conventional matched 
collimator design, with a collimator thickness of approximately L’=L+c, 
as illustrated in Figure 3.12(a) and (b).   

Finally, from the geometry in Figure 3.12(c), one can obtain the criterion that 
determines if multiplexing occurs in a parallel hole collimator design:  

 
If d<pL/(L+2c), the photons will be detected only by the pixel below the 

collimator hole. Otherwise, if d>pL/(L+2c), the photons will be also detected by the 
neighbouring pixels. 

 
By assuming the same criterion for the cone beam collimation and a 

collimator-detector distance c=3.2 cm, we can analyse which condition is satisfied for the 
case of the Clear-PEM scanner. Note that even for a large collimator thickness of L=6.4 
cm, the hole diameter should be smaller than half of the pixel pitch (d<0.5p) in order to 
avoid multiplexing. For these dimensions the collimator has a very low efficiency value 
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(smaller than 0.001%), which compromises its usefulness. Therefore, the only collimator 
design possible is the one with multiplexing. For this reason, the Equation (3.12) will be 
used in the subsection 3.6.2 to calculate the spatial resolution of the cone beam 
collimator projected for the Clear-PEM scanner. 

 

 
Figure 3.12 – Illustration showing: (a) a conventional matched collimator design, (b) a collimator 
design with a small collimator-detector distance c (where the multiplexing do not occur), and (c) 
the geometry used to calculate the criterion that determines if the multiplexing effect occurs. Note 
that the collimators in (a) and (b) have the same response function and, therefore, the same 
spatial resolution. 

 

3.5 Optimization method for converging collimators 
In SPECT imaging, the optimization of the collimator design is essential to 

obtain the best possible sensitivity for a fixed spatial resolution.  
The optimal collimator dimensions can be found by using simulations based on 

ray-tracing or Monte Carlo algorithms. Therefore, our very first attempt to optimize the 
collimator dimensions was performed using simulations [119]. However, the optimization 
studies based on simulations tend to be very time-consuming, particularly because many 
parameters need to be varied [113]. As an efficient alternative we developed an analytical 
method to optimize the collimator dimensions of convergent collimators. By using the 
previous equations, proposed by Wieczorek and Goedicke [58], a finite optimization of the 
collimators parameters was possible. 

During the last decades, several analytical studies have redefined the theory of 
optimal collimator design for parallel holes [44]. According to the classical optimization 
theory, since spatial resolution and septal penetration values get worse as the sensitivity 
increases, the optimal collimator design is at both resolution and septal penetration 
thresholds. Therefore, the optimal collimator is the one that maximizes the sensitivity for 
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the required spatial resolution and septal penetration values. Once these conditions are 
set the optimization problem is solved by using simple algebra (this optimization theory 
has been proposed by Gunter [44]). 

However, the classical optimization theory for conventional cameras (continuous 
detectors) do not account for the effects of coupling a collimator to a pixelated detector. 
Therefore, recent optimization studies for matched parallel-hole collimators were 
proposed [22,66]. Given the matched collimator design (p0=d0+t0), the pixel size of the 
detector limits the range of possible collimator hole dimensions. For this reason, 
innovative optimal collimator designs were obtained for pixelated systems, compared to 
the ones used for conventional cameras [22].  

However, due to manufacturing problems of converging collimators and its 
design (more complex than that of parallel hole), few efforts were made to solve the 
theoretical problem of their optimization. Gunter et al. [120] proposed a strategy for the 
optimal design of non-parallel hole collimators for conventional detectors (non-pixelated) 
based on the premise that each collimator hole and septa should locally resemble an 
appropriate optimal parallel hole design. By assuming that the known optimal parallel 
hole design can be applied to each small segment of a converging hole collimator, this 
theory provided a better understanding and an important tool for the design of optimal 
non-parallel hole collimators. 

In present days, new manufacturing technologies expanded the range of possible 
convergent collimation geometries [121], such as the tapered hole geometries considered 
in this work. 

Given the advantages of the convergent collimators, especially the ones with 
tapered hole design, and the pixelated nature of the detectors used in breast imaging 
applications (and also in other small FOV applications [33]), we developed a method to 
optimize the design of convergent collimators for pixelated imaging systems. The 
proposed methodology determines the parameters that maximize the sensitivity for a 
fixed spatial resolution value. The optimal collimator dimensions are calculated based on 
Gunter’s premise [120], which is adapted for a matched collimator design with convergent 
tapered holes. Since the direction of the hole axes changes as a function of position in the 
convergent collimator, the hole dimensions will also change. For this reason, the influence 
of the hole incidence angle in the optimal hole dimensions for different pixel sizes and 
desired resolutions (at a fixed source-collimator distance) were examined. The influence 
of the focal distance in the average optimal sensitivity was also analysed for both fan and 
cone beam geometries. 

In the following subsections, we also examine various low energy fan beam, cone 
beam and also parallel hole designs with sub-centimetre resolution and compare their 
optimal performances regarding different input parameters.  
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3.5.1 Methods 

The approach to calculate the collimator parameters is based on the basic 
premise for the optimal design of non-parallel hole collimators [120], as has been 
mentioned. Since the hole alignment varies slowly in a convergent collimator, the axes of 
adjacent holes are virtually parallel. Hence, the known optimal matched parallel hole 
design [22] can be applied to each small segment of a converging hole collimator. The 
periodicity of the lattice structure, between adjacent collimator holes, and the hole 
pattern makes this generalization possible and simplifies the analysis of the convergent 
design in study. In addition, as we have seen, the collimator open area fraction, (d0/p0)2, 
is constant from the bottom to the top. Another valid option is to assume that these 
diameters are approximately equal since the focal distance f is much bigger than the 
collimator thickness L0. 

Thus, the optimal dimensions of each lattice unit, d0+t0, of a matched 
converging collimator with thickness size L0, must be equal to the optimal dimensions of 
a matched parallel collimator with thickness L, hole diameter d and septal thickness t 
(Figure 3.13). 

 
Figure 3.13 – Schematic of the convergent collimator. The hole at the left (incidence angle β) 
looks like a parallel hole with length L, septal thickness t and hole diameter d. The collimator 
thickness L0, focal distance f, the hole diameter d0, the septal thickness t0 and the pixel pitch p0 
are indicated. 

 
Given the necessary constraint for a matched design, the optimal lattice unit 

size is restricted to a fixed pixel pitch value (p0=d0+t0). Therefore, the optimal collimator 
design cannot be simply found by allowing the highest level of septal penetration and 
resolution consistent with the imposed restrictions, as it is done for the optimization of 
collimators for conventional cameras [44], since the optimal solution may not be at the 
limit of both constraints. Thus the optimal collimator dimensions for pixelated detectors 
are calculated by an iterative procedure. An algorithm implemented in MATLAB was 
created (Figure 3.14) to evaluate which possible combinations of L0 and d0, respecting the 

f !

p0 

d0 t0 

L
dt L0 
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matched constraint, have the best sensitivity. These combinations of L0 and d0 must also 
respect two other conditions:  

i) the resultant collimator resolution, given by Equations (3.2), (3.3) and 
(3.5), has to be equal or better than the desired resolution at a fixed 
source-collimator distance; 

ii) all small segments of the converging collimator must have an acceptable 
septal penetration, otherwise penetration artefacts would arise and 
degrade the image quality. 

Thus, the dimensions of each collimator lattice unit have to meet the University 
of Chicago penetration criterion, which defines the range of hole dimensions that result in 
a collimator with an acceptable septal penetration [57]. The criterion is given by: 

 P ≤ µL 1-
d

!d!+t!
2

 (3.13) 

where P is an empirical parameter dependent on the hole pattern. For square holes in a 
square array, P=12.57±0.53. From the geometry in Figure 3.13, we can see that the 
length of each hole L is equal to L0/cos (β), the diameter d=d0cos(β) and t=t0cos(β). So, 
the previous equation becomes: 

 P ≤ µ
L!

cos!β 1-
d0

!d0!+t0!
2

 (3.14) 

This way, the algorithm (shown in Figure 3.14) determines the combinations of 
L0 and d0, for each lattice unit with an incidence angle β, which respect the imposed 
conditions. The optimal combination is the one that maximizes the local efficiency or 
sensitivity for the desired input parameters of µ (linear attenuation coefficient of the 
collimator material), z0 (source-collimator distance), p0 (pixel pitch), R (spatial 
resolution), f (focal distance) and β (hole incidence angle).  

The optimization algorithm, shown in Figure 3.14, will be used to calculate the 
optimal hole dimensions for different incidence angles (subsection 3.5.2). The module 
delimited by the dashed line was added in order to optimize the focal distance f jointly 
with the hole dimensions, L0 and d0, and will be described further in the subsection 3.5.3. 
The entire algorithm will be used to optimize all dimensions (f, L0 and d0) of the 
convergent collimators presented in the subsection 3.5.4. It should be mentioned that the 
septal penetration effects were taken into account. Therefore in the spatial resolution and 
efficiency equations, the algorithm replaces the collimator dimensions L0 and z by the 
effective dimensions (Leff and zeff).  
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3.5.2 Optimal hole dimensions: dependence on the hole 
incidence angle 

The following describes the procedure used to study the optimal dimensions 
dependence on the hole incidence angle. Three common pixel sizes (p0) of the SPEM 
systems [6] and small FOV imager detectors [33,122] were considered: 1.6, 2.1 and 2.5 
mm (note that the Clear-PEM pixel size, 2.3 mm, is within this range); and two sub-
centimetre resolutions: 3 and 7.5 mm at a fixed source-collimator distance of 5 cm (also 
note that 3 mm of spatial resolution is the required value in this work and 5 cm is the 
medium distance between the centre of the breast and the collimator surface in breast 
imaging applications). 

 
Figure 3.14 – A flowchart representing the steps of the optimization algorithm. The algorithm 
determines the collimator dimensions (hole diameter dopt, collimator thickness Lopt and focal 
distance fopt) that maximize the local sensitivity, for the desired input parameters (incidence angle 
β, linear attenuation coefficient of the collimator material µ, source-collimator distance z0, pixel 
size p0, spatial resolution R, focal distance f, detector size G and object size O).  
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The collimator material investigated was tungsten (µ=34.48 cm-1 at 140 keV). In 
order to analyse the optimal collimator dimensions in the focusing direction (which is the 
x direction for fan beam or both directions for cone beam) for low energy radiation (140 
keV, gamma emission of the 99mTc-sestamibi) as a function of the hole incidence angle β, 
the input parameters were fixed at the following values: µ=34.48 cm-1, z0=5 cm, p0=1.6, 
2.1 or 2.5 mm, R≤3 or 7.5 mm, f =20 cm and β ranges from 0 to 45º. To study the 
influence of the matched design constraint (p0=d0+t0) in the optimal results, the optimal 
collimator dimensions were calculated, using the same input parameters, for pixelated 
(with constraint) and non-pixelated detectors (without constraint). 

 
Results  

By using the optimization algorithm (of Figure 3.14), the optimal hole 
dimensions for different hole incidence angles were calculated. In Figure 3.15 the graph (a) 
plots the optimal hole diameter and the graph (b) the collimator thickness for 140 keV 
energy radiation, as a function of hole incidence angle for the selected resolutions: 3 and 
7.5 mm. For pixelated systems, the optimal collimator dimensions are represented for the 
pixel sizes of 1.6, 2.1 and 2.5 mm, calculated with the matched design constraint. 
Without this constraint (for non-pixelated systems), both optimal collimator dimensions 
(d0 and L0) and the septal thickness t0 (dashed lines) are also shown in Figure 3.15. In 
this case, the optimal lattice unit size is not restricted to a fixed value and is equal to 
d0+t0.  

For the non-pixelated systems all optimal collimator dimensions, L0, d0, t0, and, 
consequently, the lattice unit size, decrease as the incidence angle increases, for both 
values of spatial resolution. 

For the matched tungsten collimator, the results indicate that there is a slight 
variation in the hole dimension values [Figure 3.15 (a) and (b)] as the hole incidence 
angle increases, especially for the lower resolution configurations (R≤7.5 mm).  

 
Discussion  

During the iterative optimization process, the algorithm analysed the possible 
combinations of hole length and diameter that maximized the sensitivity for a fixed pixel 
size. While on the one hand, the sensitivity increases when the hole diameter increases 
and the hole length decreases. On the other hand, the hole diameter must decrease and 
the hole length increase to ensure that the collimator has a small fixed resolution or an 
acceptable septal penetration value. 
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Results in Figure 3.15 (for pixelated detectors) showed that variations between 
the optimal values of these two dimensions (d0 and L0), for different angles of incidence, 
depend on whether the optimal design was at:  

i) the limit of the desired resolution, or  
ii) the septal penetration threshold, or  
iii) close to both limits.  
For the optimal design of conventional cameras (without the matched design 

constraint) the optimal collimator was at the limit of both constraints (point iii). 
However, for pixelated cameras, given the matched constraint, the optimal lattice unit 

 
Figure 3.15 – Optimized collimator dimensions (for tungsten, µ=34.48 cm-1 at 140 keV) as a 
function of the hole incidence angle β: (a) the optimal hole diameter and (b) the optimal 
collimator thickness.  
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size (d0+t0) is restricted to a fixed value (p0). Depending on the pixel pitch value p0 and 
considered spatial resolution, the optimal solution can be in any of the above situations. 
Thus, in the optimization algorithm, the resolution and septal penetration equations had 
to be expressed as inequalities. 

If the optimal matched design is at the resolution limit, like the resolution of the 
used convergent geometry is constant for different hole incidence angles, the optimal 
dimensions will be also constant. Furthermore, since the septal penetration threshold is 
not the optimization-limiting factor, variations in the attenuation coefficient µ value (e.g. 
a change of collimator material) will not produce substantial changes in the optimal 
collimator dimensions and sensitivity. 

If the optimal design is at both limits of resolution and septal penetration, the 
optimal hole dimensions slightly change as the incidence angle increases. The results 
obtained for the matched collimators [Figure 3.15 (a) and (b)] were at the resolution 
limit for the desired resolution of 3.0 mm and close to both septal penetration and 
resolution limits for the worse desired resolution (7.5 mm), for all the considered pixel 
sizes. 

Therefore, the optimal convergent collimator thickness and hole diameter are 
approximately constant (at 140 keV) from the centre (low hole incidence angles) to the 
edges (high hole incidence angles), even though the length of the collimator holes 
becomes longer as the hole is tilted. This constancy in the optimal hole dimensions was 
not anticipated because it differs from a previous optimization study [120] and also from 
the results obtained here, both for non-pixelated cameras. 

3.5.3 Optimal collimator dimensions: dependence on the 
focal distance 

In case of a convergent collimator, an extra parameter must be optimized: the 
focal distance f. The resolution, the magnification factor, and, consequently, the 
geometric efficiency of both fan beam and cone beam geometries improve as the focal 
distance decreases, so it is advantageous to design a collimator with a low value of f. On 
the other hand, for a fixed detector (square area) size G, the maximum hole incidence 
angle of the collimator becomes larger as the focal distance decreases. This results, as 
observed in Equations (3.6) and (3.7), in a low average efficiency. In addition, decreasing 
f also decreases the FOV size. The minimum focal distance value can be calculated using 
as input parameters the axial dimension of the object to be imaged, O, and the detector 
size G, in the equation (obtained from the geometry in Figure 3.16): 

 fmin= 
z0G!+L0O
!G!-O!  (3.15) 
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To study the influence of the focal distance in the resultant optimal average 
sensitivity at different source-collimator distances z0, the following input parameters were 
used: µ=34.48 cm-1 (of tungsten at 140 keV), p0=1.6 mm, z0=3-7 cm, R≤3 or 7.5 mm and 
f ranges from z0 to 60 cm. It was assumed that the optimal collimator thickness and hole 
diameter are constant and equal to the central hole dimensions (located in the central 
axis, β=0º). Furthermore, a square detector area with the typical size used in breast 
imaging applications [122], G=20 cm, was considered. 

 
Results 

Figure 3.17 plots the average sensitivity of optimal convergent collimators, made 
of tungsten material, as a function of the focal distance for different source-collimator 
distances. The results of the fan beam [Figure 3.17(a) and (b)] and cone beam collimators 
[Figure 3.17(c) and (d)] for the input resolutions of 7.5 and 3 mm, show a decrease in the 
average sensitivity value as the focal distance increases. In addition, the average 
sensitivity is higher for lower source-collimator distances, at fixed resolution and focal 
distance, except when a resolution of 7.5 mm and a source-collimator distance of 3 cm 
were considered, for both fan beam and cone beam geometries. In this case (R≤7.5 mm 
and z0=3 cm for both geometries), the average efficiency initially decreases sharply below 
the values of other configurations (with longer source-collimator distances), reaching a 
minimum and then keeping an approximately constant value as the focal distance 
increases. 

Given the increased sensitivity of the convergent collimators near the focal point, 
the average sensitivity values increase for focal distance values close to the source-
collimator distance. As mentioned above, the sensitivity values diverge for f=z0, due to 

 
Figure 3.16 – Schematic of the Field Of View of a convergent collimator. The dimension O is the 
object size or the FOV axial dimension required to image an object at a source-collimator distance  
z0. The focal distance f, the collimator thickness L0, and the detector size G are indicated. 
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the diverging behaviour at the focal locus in the analytical formulas, Equations (3.1) and 
(3.4), used in the sensitivity calculation. 

 

 
 

Figure 3.17 – Average sensitivity of optimal convergent collimators (tungsten, µ=34.48 cm-1 at 140 
keV) as a function of the focal distance f: (a) and (b) fan beam geometry, (c) and (d) cone beam 
geometry. The results were obtained for different values of spatial resolution (3.0 and 7.5 mm) 
and source-collimator distance (3.0-7.0 cm), considering a fixed pixel size p0=1.6 mm and detector 
size G=20 cm. 

 
 
Discussion  

The average sensitivity values increased when the focal distance decreased; due 
to the fact that the magnification factor (at the collimator efficiency equations) and the 
resolution (at a fixed source-collimator distance) improve as the focal distance value 
decreases. However, for a fixed detector size and source-collimator distances, decreasing 
the focal distance also decreases the average correction factors (afan and acone), due to the 
increase of the maximum incidence angle used. This trade-off between magnification 
factor and average efficiency factors determines the resultant average efficiency value. 

Overall, the previous results demonstrate the importance of minimizing the 
collimator focal distance. Therefore, the collimator should be designed with the minimum 
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focal distance value required to image the entire object (which is given by Equation 
(3.15)). 

3.5.4 Optimal collimators for use in small FOV applications 

In order to compare the performance of parallel and convergent geometries in 
imaging a small-medium sized object (O=10 cm in both axial and transverse axes and 
z0=5 cm) using a common small pixelated detector (G=20 cm at both axial and 
transverse directions), at low energy (140 keV), we calculated the optimal designs of 
parallel, fan and cone beam collimators (the collimator designs are illustrated at Figure 
3.18). 

The collimators average sensitivities were calculated for different sets of input 
parameters: p0=1.6, 2.1 or 2.5 mm and R≤3 or R≤7.5 mm. As we have seen in the 
previous subsection 3.5.2, one can assume that the optimal collimator dimensions are 
constant and equal to those optimized for the central hole (β=0º). 

For each possible combination of L0 and d0 values, which respects the matched 
design constraint and the septal penetration criterion, the optimization algorithm 
calculated the corresponding minimum value of f (through Equation (3.15), inside the 
module delimited by the dashed line in Figure 3.14). Thus, all collimator dimensions were 
optimized, since the combination provided by the algorithm was the one with:  

i) the maximum sensitivity,  
ii) resolution below the desired value (R≤3 or R≤7.5 mm),  
iii) the minimum focal distance value required to image the considered object. 
 
Results 

 
Figure 3.18 – Schematic of the parallel, fan and cone beam collimator designs. The dimension O is 
the object size or the FOV axial dimension required to image the object at a source-collimator 
distance z0. The focal distance f, the collimator thickness L0, and the detector size G are indicated. 
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Table 3.2 presents the optimal dimensions and corresponding average sensitivity 
(Saverage) and resolution of parallel, fan and cone beam collimators obtained for 6 different 
sets of input parameters. With an object dimension of 10 cm in both axial and transverse 
axes, square detector dimension of 20 cm and object-collimator distance of 5 cm, the 
average sensitivity was higher for convergent collimators than for parallel collimators in 
all sets, and higher for the cone beam than for the fan beam collimators. The best 
collimators with a resolution of 3.0 and 7.5 mm were the cone beam collimators 1 and 6, 
with a pixel size of 1.6 and 2.5, respectively. The average sensitivity of these collimators 
was 0.032% and 0.235%, representing a ≈4 and ≈2.8 gain in sensitivity, respectively, over 
the corresponding parallel beam collimators (parallel beam collimators 1 and 6), and 
≈2.13 and ≈1.88 gain in sensitivity over the fan beam collimators 1 and 6, respectively. 
Therefore the average sensitivity for the cone beam collimation was higher than that of 
other geometries, especially for high resolutions (3 mm). 

 
Table 3.2 - Optimal collimator dimensions for low energy radiation (140 keV), calculated using the 
optimization algorithm for different input parameters (O=10 cm, G=20 cm, z0=5 cm, µ=34.48 
cm-1) and geometries [PB=Parallel Beam, FB=Fan Beam and CB=Cone Beam]. 

  Input 
parameters 

Output parameters 
Difference 
[zmin PB - zmin] 

(%)  
Optimal collimator dimensions 

 
Calculations 

Collimator R 
(mm) 

p0 
(mm) 

L0  
(cm) 

dx  
(mm) 

dá  
(mm) 

fx  
(cm) 

zmin x 
(mm) 

zmin y 
(mm)   Saverage  

(%) 
Rx 

(mm) 
Ry 

(mm) 
1 (PB) ≤3.0 1.6 4.69 1.53 1.53 ∞ 25.55 25.55 

 
0.008 3.00 3.00 ... 

1 (FB) ≤3.0 1.6 3.13 1.50 1.21 13.13 12.93 25.77 
 

0.015 3.00 3.00 -0.86 
1 (CB) ≤3.0 1.6 3.13 1.50 1.50 13.13 12.93 12.93 

 
0.032 3.00 3.00 49.39 

              2 (PB) ≤3.0 2.1 5.17 1.61 1.61 ∞ 41.57 41.57 
 

0.005 3.00 3.00 ... 
2 (FB) ≤3.0 2.1 4.63 2.00 1.52 14.63 17.09 40.83 

 
0.011 3.00 3.00 1.78 

2 (CB) ≤3.0 2.1 4.66 2.01 2.01 14.66 17.03 17.03 
 

0.025 3.00 3.00 59.03 
              3 (PB) ≤3.0 2.5 5.17 1.61 1.61 ∞ 54.40 54.40 

 
0.003 3.00 3.00 ... 

3 (FB) ≤3.0 2.5 6.01 2.38 1.73 16.01 20.92 56.83 
 

0.008 3.00 3.00 -4.47 
3 (CB) ≤3.0 2.5 6.18 2.42 2.42 16.17 20.76 20.76 

 
0.020 3.00 3.00 61.84 

              4 (PB) ≤7.5 1.6 1.02 1.28 1.28 ∞ 7.65 7.65 
 

0.090 7.50 7.50 ... 
4 (FB) ≤7.5 1.6 1.02 1.28 1.28 11.02 6.58 7.65 

 
0.127 6.86 7.50 0.00 

4 (CB) ≤7.5 1.6 0.89 1.23 1.23 10.89 6.23 6.23 
 

0.209 7.50 7.50 18.63 
              5 (PB) ≤7.5 2.1 1.57 1.84 1.84 ∞ 10.06 10.06 

 
0.090 7.48 7.48 ... 

5 (FB) ≤7.5 2.1 1.34 1.79 1.62 11.34 7.53 10.67 
 

0.130 7.41 7.50 -6.06 
5 (CB) ≤7.5 2.1 1.32 1.78 1.78 11.31 7.48 7.48 

 
0.232 7.50 7.50 25.65 

              6 (PB) ≤7.5 2.5 2.05 2.26 2.26 ∞ 12.40 12.40 
 

0.084 7.50 7.50 ... 
6 (FB) ≤7.5 2.5 1.68 2.21 1.94 11.67 8.57 13.21 

 
0.125 7.47 7.50 -6.53 

6 (CB) ≤7.5 2.5 1.67 2.21 2.21 11.67 8.54 8.54   0.235 7.49 7.49 31.13 
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For each set of input parameters, the parallel and convergent collimators zmin 

values were calculated using Equations (3.8) and (3.9). The cone beam collimators had 
lower values of zmin than the parallel collimators, obtained with the same input 
parameters. These values represent an average reduction in zmin of 56.75% and 25.14% for 
the configurations with a resolution of 3.0 and 7.5 mm, respectively. When the fan beam 
geometry is considered, the zmin decreases relatively to the parallel beam, at the focusing 
direction (x direction); however, zmin increases at the y direction for the majority of the 
obtained collimators. Therefore, the results in Table 3.2 demonstrated that the zmin value 
was smaller for the cone beam collimators. 

 

Discussion 

The previous results showed that the optimal cone beam performance 
outperformed that of other optimal collimation geometries, especially for high resolutions 
(3 mm). As we have seen (in subsection 3.5.2), the resolution was the 
optimization-limiting factor for the input parameters considered in this study. Since, the 
cone beam holes converge in the axial and transverse axes, the spatial resolution 
improves in both directions as the focal distance decreases. For this reason, sensitivity 
could increase (by the increase of the hole diameter d0 or the decrease of the collimator 
thickness L0, or both) for a fixed spatial resolution value. The same, however, cannot 
happen for the fan beam (in the non-focusing direction) and parallel beam geometries, 
resulting in lower sensitivity values when compared to those of the cone beam geometry.  

As found in Equation (3.8), the zmin value decreases as the focal distance f also 
decreases. Therefore, the zmin value was smaller for the cone beam collimators. 

3.5.5 General discussion of the optimization method 

This study demonstrated that the convergent collimators for pixelated systems 
could be optimized based on the premise that each collimator hole and septa should 
locally resemble an appropriate optimal matched parallel collimator.  

Given the matched constraint, the optimal collimator design could not be 
simply found by allowing the highest level of septal penetration and spatial resolution 
consistent with the imposed restrictions, as it is done for the optimization of conventional 
collimators. Therefore, an algorithm that iteratively calculates the collimator dimensions 
with the maximum sensitivity, which respect the imposed restrictions, was developed and 
used to optimize cone and fan beam collimators with tapered holes for low energy 
purposes (140 keV). 
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The optimal collimator dimensions, calculated for sub-centimetre resolutions (3 
and 7 mm), common pixel sizes (1.6, 2.1 and 2.5 mm) and acceptable septal penetration 
at 140 keV, were approximately constant throughout the collimator. This constancy 
found in the optimal hole dimensions, for different incident angles, simplifies the 
construction/manufacturing of this kind of optimal collimators.  

This study also showed that a low value of focal distance leads to improvements 
in the average sensitivity (for fixed source-collimator distance and resolution) and in the 
performance in imaging objects close to the collimator surface (the zmin value). For this 
reason, the best performance values were obtained for the cone beam geometry (in 
comparison with the fan and parallel beam geometries). 

The gain in sensitivity of the convergent collimators obtained in this study will 
contribute to improve the image quality or reduce the dose administered in small FOV 
imaging applications with pixelated detectors. The low zmin values of the optimal cone 
beam collimators are favourable to image objects close to the collimator surface. 
Therefore, these collimators will be useful in intermediate scenarios, such as imaging the 
breast, brain, heart and small or medium-sized animals. 

In our optimization method, it was assumed that the optimal spatial resolution 
and septal penetration values are known. According to recent studies, these optimal 
values should be selected using an appropriate clinical task-based criterion [123], such as 
lesion detection [124] or lesion quantification [125]. To the best of our knowledge this was 
the first study to present a method that optimizes all dimensions of matched convergent 
collimators for low/medium energy radiation (with the approximate energy range of 60-
300), which can be used to obtain the collimator design with maximum sensitivity in 
future task-based optimization studies. Our optimization algorithm can also be used to 
optimize the slat dimensions of convergent slit-slat collimators [56] or diverging 
collimators. 

Although the main interest, in this work, relies on the 140 keV photons from 
Technetium-99m, photons from other clinically useful radionuclides range from 60 to 511 
keV. Therefore we developed and published an optimization method for low/medium (60-
300 keV) and high energy radiation (300-511 keV) [105]. However, only the first method 
was presented in this thesis; this is due to two reasons: 

i) the collimator optimization for high energy radiation is beyond the scope 
of this thesis, 

ii) further studies are need to develop our optimization method for high 
energy matched collimators [105].  
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3.6 Optimal collimators for breast and chest wall 
imaging 

By using the optimization method developed in the previous section, optimal 
cone beam collimators were calculated and projected in order to image the breast and 
chest wall region. 

The first step was the development of a collimator for a SPEM system with the 
same detector and pixel sizes of the Clear-PEM scanner. This initial approach allowed: 

• the development of different solutions and study of their feasibility in a 
dedicated SPEM system, without the constraints imposed by the adaptation 
of the Clear-PEM system to single mode acquisitions; 

• and the use of the same detector dimensions enabled the analysis and 
comparison of the results, obtained from the solutions found for each specific 
system: SPEM scanner and Clear-PEM scanner. 

3.6.1 Optimal collimators for a SPEM scanner 

In this subsection, we present the optimal collimator dimensions for a generic 
SPEM scanner with a detector size of 172×152 mm2 and a pixel size of 2.3 mm. The cone 
beam collimators were optimized to image a medium sized breast, in which the FOV 
includes the entire breast volume and chest wall region, reaching a maximum region of 2 
cm above the detector heads (Ox up), as illustrated in Figure 3.19. 

 
Figure 3.19 – Schematic of the collimator and FOV dimensions: (a) axial FOV dimensions and (b) 
transverse FOV dimensions. The collimator thickness L0, object-collimator distance z0, 
object-detector distance z0’ and focus-detector height H are indicated. The focal distance f, focus-
detector distance f’, detector size G and FOV size O are shown for both x and y directions. 
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The following input parameters were inserted in the optimization algorithm: 
object-collimator distance z0=5 cm, pixel size p0=2.3 mm, linear attenuation coefficient 
µ=34.48 cm-1 (of tungsten at 140 keV), spatial resolution R≤2 to 3.5 mm, a detector size 
of Gx=17.2 cm and Gy=15.2 cm, and an FOV size Ox=10.5 cm (Ox dn=8.5 cm and Ox_up=2 
cm) and Oy=10 cm. For simplicity, the algorithm assumed that the focal distance f is 
equal to the biggest value required to image the object at both axial (fx) and transverse 
dimensions (fy). For each set of input parameters, the collimator weight was calculated 
using Equation (3.10) (assuming that the tungsten density is ρ=19.3 g/cm3). The average 
sensitivity of each optimal collimator was calculated using the Equation (3.4) (geometric 
efficiency Econe) with the correspondent correction factor acone given by Equation (3.7) 
(assuming that βx ranges from 0 to βx max, which is the maximum incidence angle for the 
holes in the x axis). Table 3.3 shows the optimal collimator dimensions obtained for these 
input values.  

 
Table 3.3 - Optimal collimator dimensions (collimator thickness L0, hole diameter d0, septal 
thickness t0, focal distance f and zmin value) for different input spatial resolutions. The collimator 
weight and average sensitivity are also shown. 

Resolution 
(mm) 

L0 

(cm) 
d0 

(mm) 
t0 

(mm) 
f 

(cm) 
zmin 

(cm) 
Weight 

(kg) 

Average 
Sensitivity 

(%) 
2.0 6.322 1.45 0.85 27.64 4.65 ~19 0.0022 
2.5 6.181 1.79 0.51 27.36 3.46 ~12 0.0054 
3.0 6.140 2.14 0.16 27.28 2.61 ~4 0.0111 
3.5 4.984 2.21 0.09 24.97 2.06 ~2 0.0196 

 
As expected, in Table 3.3, the maximum average sensitivity was obtained for 

the collimator with the worse spatial resolution (3.5 mm). Only the optimal collimators 
obtained for the resolutions of 3.0 and 3.5 mm have sensitivity values comparable to 
those of the clinical SPECT systems (0.01-0.03%) [15] and weight values that are within 
the range of the commercial collimators for small FOV purposes (<10 kg). Therefore, the 
collimator optimized for a spatial resolution of 3.5 mm was selected. In fact, compared to 
the collimator optimized for 3.0 mm, an increment of just 0.5 mm allowed a ≈2 gain in 
sensitivity. Obviously, a worse resolution value (for example 4 mm) can be used to 
increase the optimal collimator sensitivity. However, this would decrease the likelihood of 
detecting very small breast lesions (~3 mm).  

As has been mentioned, for this kind of optimal cone beam collimators the hole 
dimensions are constant throughout the collimator, which simplifies their construction. 
However, other constraints arising from construction/manufacturing limitations must be 
taken into account during the collimator optimization. For example, production 
limitations that restrict the hole or septum size to a minimum value. According to 
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Nuclear Fields (Vortum-Mullem, The Netherlands), a collimator manufacturer, due to 
production limitations the collimator septa should be thicker than ~0.2 mm. Therefore, 
this manufacturing constraint was included in our optimization algorithm. Furthermore, 
the hole diameter should be smaller than the active region of the detector elements (2 
mm). Otherwise part of the hole will be aligned with the death areas of the detector 
(gaps between the detector elements), which decreases the system efficiency. 

Taking the previous restrictions into account (d0<2.00 mm and t0>0.2 mm), the 
optimal collimator dimensions were calculated using the same input parameters (for a 
resolution of 3.5 mm).  

 
Table 3.4 - Optimal collimator dimensions (collimator thickness L0, hole diameter d0, septal 
thickness t0, focal distance f and zmin value) after introducing the manufacturing limitations. 

Resolution 
(mm) 

L0 

(cm) 
d0 

(mm) 
t0 

(mm) 
f 

(cm) 
zmin 

(cm) 
Weight 

(kg) 

Average 
Sensitivity 

(%) 
3.5 ~4.2 2.00 0.30 ~23.5 2.13 ~5 0.0182 

 
The results in Table 3.4 show that different optimal collimator dimensions (L0, 

d0, t0 and f) were obtained after the introduction of the new restrictions in the 
optimization algorithm. However, this modification has not significantly affected the 
optimal collimator performance, since the optimal average sensitivity and zmin values have 
slightly changed. 

The last step in the projection of the cone beam collimator is to define the 
appropriate tilt angle to reach the maximum region of 2 cm (Ox up) above the detector 
heads. The minimum tilt angle (in the x axis) can be calculated using the optimal 
collimator dimensions in Table 3.4 and the following equation (obtained from the 
geometry in Figure 3.19(a)): 

 tan βx min= 
Ox up
!z0!+L0

⇔ !  βx min≈12.26° (3.16) 

Therefore, unlike the conventional cone beam collimators whose hole incidence 
angle ranges from 0 to βmax (in full cone beam and half cone beam geometries) for both x 
and y axes, in this geometry the focal point is shifted in the axial direction (x axis) and 
the βx values range from βx min>0 to βx max (resulting in a offset cone beam). As a result of 
this change, the average sensitivity of the collimator cannot be calculated using the 
previous correction factor acone. Thus, we proposed the following equation, which is based 
on Equation (3.7), to calculate the correction factor acone for a cone beam collimator with 
βx ranging from βx min to βx max and βy ranging from 0 to βy max: 
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acone =
f'"3

(xmax−xmin)ymax

dx
r3

xmax

xmin

dy!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!!
ymax

0
 

!!!!!!!!!!= f'"2
(xmax−xmin)ymax

arctan
xmaxymax

f' xmax2 +ymax
2 +f'!2

− arctan
xminymax

f' xmin
2 +ymax

2 +f'!2
 

!!!!!!!!!!=
cot!βy!max

tan!βx!max − tan!βx!min
[arctan(tan βx!maxtan βy!max!cos!γmax) 

−arctan(tan βx!mintan βy!max!cos!γmin)], 

(3.17) 

where γmin is defined as the angle from the upper corner of the cone to the centre, that is 
the incidence angle of the collimator hole at the position (xmin, ymax), assuming that the 
central hole (β=0) is at the position (0,0). The other parameters are equal to those in 
Equation (3.7), except βx min that is the minimum incidence angle for the holes in the x 
axis. 

From the collimator geometry illustrated in Figure 3.19, one can conclude that 
xmin=H, xmax=H+Gx and ymax=Gy/2, which are the minimum (xmin) and maximum (xmax, 
ymax) distances in relation to the central hole in both x and y axes, respectively.  

Taking the previous considerations into account and by using the Equation 
(3.17), it was possible to calculate the theoretical average sensitivity for this offset cone 
beam collimator. The Table 3.5 shows the dimensions and the final specifications of the 
collimator projected to image the breast and chest wall region with a dual-head SPEM 
scanner.  

 
Table 3.5 – Final collimator dimensions (collimator thickness L0, hole diameter d0, septal 
thickness t0, focal distance f and zmin value) and specifications (resolution, average sensitivity and 
βx min) for the dual-head SPEM scanner.  

Resolution 
(mm) 

L0 

(cm) 
d0 

(mm) 
t0 

(mm) 
f 

(cm) 
zmin 

(cm) 
βx min 
(°) 

Average 
Sensitivity 

(%) 
3.5 ~4.2 2.00 0.30 ~23.5 2.13 12.26 0.0149 

 
Note that, although the optimal dimensions and FOV size are equal for both 

cone beam collimators of Table 3.4 and Table 3.5, the average sensitivity values are 
different. This was due to the increase of the hole incidence angles at the x axis (βx min 
and βx max) of the collimator of Table 3.5, which resulted in a decrease of the correction 
factor acone (as it is shown by Equation (3.17)), and therefore, a decrease in the average 
sensitivity. 
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3.6.2 Optimal collimators for the Clear-PEM scanner 

The following optimal collimators were calculated according to the Clear-PEM 
scanner characteristics. A detector size of 172×152 mm2 and a pixel size of 2.3 mm, were 
considered. As in the previous case, the cone beam collimators were optimized to image a 
medium sized breast, in which the FOV includes a maximum region of 2 cm above the 
detector heads (Ox up). The only difference here is that the collimator is placed at 3.2 cm 
of the detector, which is the closest distance that the collimator could be placed from the 
crystals in the Clear-PEM scanner. In the Figure 3.20, this collimator-detector distance is 
represented by the parameter c. 

As we have seen in subsection 3.4.6, the only collimator design possible in this 
case is the one with multiplexing. Therefore, in the optimization algorithm, the Equation 
(3.5) was replaced by the Equation (3.12), which describes the resolution of a cone beam 
collimator with multiplexing. 

Note that when a convergent matched collimator is displaced from the detector 
surface, the sum of the hole diameter d0 and septal thickness t0 is no longer equal to the 
detector pixel size (p0=d0+t0). In fact, due to the hole convergence, the lattice unit size 
(d0+t0) must decrease as the collimator-detector distance increases in order to ensure that 
each collimator hole is aligned with each detector element. For a collimator-detector 
distance c, the correspondent lattice unit size p’ (with p’=d0+t0) is given by  

 p' = p0
f'

f'+c . (3.18) 

 
Figure 3.20 – Schematic of the collimator and FOV dimensions: (a) axial FOV dimensions and (b) 
transverse FOV dimensions. The collimator thickness L0, object-collimator distance z0, 
object-detector distance z0’, collimator-detector distance c and focus-detector height H are 
indicated. The focal distance f, focus-detector distance f’, detector size G and FOV size O are 
shown for both x and y directions. 
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Therefore, the Equation (3.18) was included in the optimization algorithm. In this way, 
for each possible combination of L0 and f values (in which f is the biggest value required 
to image the object at both axial and transverse dimensions), the algorithm calculated 
the correspondent collimator lattice unit size p’ at the collimator-detector distance c. 

The other conditions and input parameters were maintained: z0=5 cm, p0=2.3 
mm, µ=34.48 cm-1 (of tungsten at 140 keV), R≤2 to 3.5 mm, Gx=17.2 cm, Gy=15.2 cm, 
Ox=10.5 cm (Ox dn=8.5 cm and Ox_up=2 cm) and Oy=10 cm. Table 3.6 shows the optimal 
collimator dimensions obtained for these input parameters and a collimator-detector 
distance c=3.2 cm. 

 
Table 3.6 - Optimal collimator dimensions (collimator thickness L0, hole diameter d0, septal 
thickness t0, focal distance f and zmin value) for different input spatial resolutions. The collimator 
weight and average sensitivity are also shown. 

Resolution 
(mm) 

L0 

(cm) 
d0 

(mm) 
t0 

(mm) 
p’ 

(mm) 
f 

(cm) 
zmin 

(cm) 
Weight 

(kg) 

Average 
Sensitivity 

(%) 
2.0 10.180 1.47 0.69 2.16 40.35 6.61 ~28 0.0009 
2.5 10.180 1.84 0.32 2.16 40.35 4.85 ~14 0.0023 
3.0  9.463 2.12 0.04 2.16 38.97 3.59 ~2 0.0048 
3.5  7.245 2.08 0.06 2.14 35.89 2.92 ~2 0.0079 

 
The collimators of Table 3.6 have poorer sensitivity values than those obtained 

in the previous subsection (for the SPEM scanner). In fact, due to the multiplexing effect, 
the resolution increases (degrades) as the collimator-detector distance increases. 
Therefore, for the same input parameters the optimal hole diameter should decrease and 
the collimator thickness increase in order to compensate for this effect, which results in a 
decrease of the optimal sensitivity. 

Unfortunately, not even the best average sensitivity value (obtained for the 
resolution of 3.5 mm) is within the typical range of the clinical SPECT collimators 
(0.01-0.03%). Despite of this, we projected the collimator for a spatial resolution of 3.5 
mm, in which the manufacturing restrictions were taken into account (t0>0.2 mm). Note 
that, due to the multiplexing, the photons may hit the pixels below the collimator hole 
and the gaps between them. Therefore, there is no point in restricting the hole diameter 
to the size of the detector elements (d0<2.00 mm), as has been done before.  

The Table 3.7 shows the dimensions and the final specifications of the 
collimator projected to image the breast and chest wall regions with the Clear-PEM 
scanner.  
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Table 3.7 – Final collimator dimensions (collimator thickness L0, hole diameter d0, septal 
thickness t0, lattice unit size p’, focal distance f and zmin value) and specifications (resolution, βx 

min, weight and average sensitivity) for the Clear-PEM scanner.  

Resolution 
(mm) 

L0 

(cm) 
d0 

(mm) 
t0 

(mm) 
p’ 

(mm) 
f 

(cm) 
zmin 

(cm) 
βx min 
(°) 

Weight 
(kg) 

Average 
Sensitivity 

(%) 
3.5 ~6.4 1.93 0.20 2.13 ~34.3 2.99 7.80 ~6 0.0066 

 
The results in Table 3.7 show that different optimal collimator dimensions were 

obtained after the introduction of the manufacturing restriction in the optimization 
algorithm. As expected, the theoretical average sensitivity (calculated using Equation 
(3.7)) of the offset cone beam geometry decreased, due to the increase of the hole 
incidence angles at the x axis. 

The slight increase in the collimator thickness (L0) and the collimator-detector 
distance (c) allowed to reach the same region (Ox up=2 cm) above the detector heads with 
a smaller incidence angle (βx min), in comparison with the one obtained in the collimator 
projected for the SPEM scanner. 

3.6.3 Final considerations and discussion 

The previous cone beam collimators were optimized according to the geometry 
of each scanner (generic SPEM and Clear-PEM scanner) and with the appropriate 
parameters to detect small lesions (~3 mm) in a medium sized breast (~445 cm3). The 
focal point of the collimators was shifted in the axial direction (x axis) in order to reach a 
maximum region of 2 cm above the detector heads, which correspond to the chest wall 
region. A concern when using this collimation geometry is the background interference 
from heart, liver and body tissue. This is particularly important due to the fact that the 
collimator focal point (FOV region with the maximum collimator sensitivity) is located 
within the torso. Therefore, the heart and liver activity may be introduced in the FOV at 
some projections, contaminating the acquired data and thus, the reconstructed images. 

However, in a dual head system this contamination could be reduced. The main 
advantage here of using this dual head design is that the system heads (detector and 
collimator) are placed face-to-face, reducing the camera exposure to torso activity (as 
illustrated in Figure 3.21). Although the removal of unwanted photons (from heart and 
liver) is not complete (see the red areas in Figure 3.21), the shielding provided by the 
detector heads can reduce the data contamination. 
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The minimum incidence angle of the collimator for the SPEM scanner (12.26°) 
is bigger than the one in the Clear-PEM collimator (7.80°). Therefore, smaller torso 
background interference is expected in the second case. Although this could reduce the 
data contamination, the poor collimator sensitivity (Table 3.7) – in addition to the 
intrinsic activity of the Clear-PEM detector crystals – could compromise the quality of 
the reconstructed images. 

The other advantage of using the dual-head systems is that with this design 
simultaneous opposing views of the breast are acquired, without requiring any additional 
acquisition time or dose. Therefore, the sensitivity of the system is twice the sensitivity 
of the collimator. 

To the best of our knowledge this is the first approach using cone beam 
collimation to image the breast and chest wall region in single photon emission 
mammography. This collimation geometry allowed the development of a simpler solution 
compared to the state of the art solutions (shown at subsection 2.2.4), since there is no 
need to use tiltable detector heads to point the collimator toward the chest wall region. 
Additionally, the cone beam collimation can provide better spatial resolution or 
sensitivity that those obtained in the previous approaches and our collimators were 
optimized in order to detect very small breast lesions (down to 3 mm).  

Since the manufacturing restrictions were taken into account in the 
optimization/projection of the collimators, there should be no major problems with the 
construction of such collimation geometries. Furthermore, for both collimators the 
optimal design was on the resolution limit because the spatial resolution of 3.5 mm was 
the optimization-limiting factor. Therefore, a change in the collimator material will not 
produce changes in the optimal collimator dimensions and sensitivity. In this case, the 
lead (! = 11.33 g/cm3) could be used as the collimator material instead of tungsten 

 
Figure 3.21 – Illustration showing the shielding provided by the detector heads. The red areas 
show the torso regions that are introduced in the collimator FOV and detected in the top of the 
detector. 
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(ρ = 19.3!g/cm3), which allows the reduction of the collimator weight and facilitates its 
manufacturing (lead has lower melting point and also lower cost).  

3.7 Conclusions 
In this chapter different collimation geometries were analysed in order to find 

the best collimator to overcome the SPEM imaging limitation in detecting lesions in the 
chest wall region. We concluded that the cone beam collimation is more advantageous in 
terms of spatial resolution and sensitivity to image a medium sized breast with a 
dual-head SPEM scanner. 

Given the importance of optimizing the collimator design, we developed an 
optimization algorithm for convergent collimators, specifically designed to match the 
pitch of pixelated detectors. In this algorithm, the optimal collimator dimensions are 
calculated iteratively by maximizing the sensitivity for the desired resolution and other 
input parameters while maintaining acceptable septal penetration. Additionally, the 
construction or manufacturing constraints can also be included in our optimization 
algorithm. 

The optimization algorithm allowed us to project optimal collimators for 
imaging the breast and the chest wall region, according to the characteristics of a generic 
SPEM scanner and the Clear-PEM system. Since the Clear-PEM system has several 
hardware components in the front of the detector elements, it was not possible to place 
the collimator close to the detector. This technical challenge imposed restrictions in the 
collimator design, and for this reason, the lowest collimator sensitivity was obtained for 
this case. 

The next chapter addresses the development of the simulation frameworks. Each 
scanner and respective optimal collimator will be simulated in order to study the system 
expected performance. 
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C H A P T E R  
 4 

 

4 Monte Carlo Simulations 

4.1 Introduction 
The objective of the work described in this chapter was to obtain realistic 

simulated data in order to study the expected performance of the SPEM and Clear-PEM 
systems with the respective collimators (projected previously on chapter 3). This data 
will also be used to assist on the development of the image reconstruction algorithm, 
which will be presented in the chapter 5. Therefore, we will overview the system 
geometry, phantoms, acquisition conditions and other parameters used in the simulations. 

The major challenge in this task was the development of the simulation 
frameworks for each imaging system. An accurate and precise modelling of the collimator 
and detector components was required in order to obtain realistic data. 

Different simulation macros were developed during the work presented in this 
chapter. Some of these macros, particularly those for the simulation of the Clear-PEM 
scanner, were subsequently adapted to be used in other works made within the 
framework of the Clear-PEM project [126-130]. 

4.2 Monte Carlo simulations 
Monte Carlo simulation methods are statistical methods that use random 

numbers as a base to solve stochastic problems. Given the stochastic nature of radiation 
emission, transport and detection processes, Monte Carlo methods are particularly used 
in different areas of medical physics such as nuclear medicine, radiotherapy and radiation 
protection. Indeed, this simulation method plays currently an important role in the 
research, projection and optimization of radionuclide imaging systems, as well as in the 
development of image reconstruction algorithms and correction techniques. Moreover, it 
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allows studying the effect of different parameters or detection configurations in the 
performance of an imaging system, which are difficult or even impossible to calculate by 
experimental or analytical approaches [131]. 

The main concept of the Monte Carlo methods consists in defining a model of 
the imaging system, which must be as similar as possible to the real system, and to 
simulate physical interactions within that system. This simulation is performed by using 
pseudo-random number generators and models of radiation transport processes to 
determine the interaction probability of particles traveling through a material. These 
models of radiation transport processes are based on physical principles and experimental 
measurements, and therefore, can accurately describe the physics of the interactions of 
particles with matter (for different materials, particle types and energies). In this way, 
the Monte Carlo methods have the ability to simulate processes and the response of 
imaging systems. Among the different applications and studies that are performed using 
Monte Carlo methods, one can mention for example:  

• the evaluation of the performance of a new collimator design for SPECT 
(where the effects of attenuation, collimator-detector response are included 
in the simulation) [13]; 

• the study of tumour quantification accuracy [132]; 
• the calculation of the system matrix to be incorporated in image 

reconstruction algorithms, as an alternative to the analytical methods (this 
topic will be explored in the next chapter) [133]. 

The development of public-domain Monte Carlo software packages, and also the 
improved speed of the computers, allowed the widespread use of this simulation 
technique by the whole scientific community and even in the clinical environment [134]. 
Ljungberg et al. [135] provide a full overview of the Monte Carlo software packages that 
are currently used in SPECT and PET simulations. One of these computer codes is the 
GATE toolkit, which is described below.  

4.2.1 GATE toolkit 

GATE, the acronym of Geant4 Application for Tomographic Emission, is an 
advanced open-source software dedicated to Monte Carlo simulations in medical imaging 
[136,137], based on the Geant4 platform [138] (a generic code designed for high energy 
physics simulations). This platform has been developed by the OpenGATE collaboration 
since 2001. The first GATE versions were dedicated to the modelling of radionuclide 
imaging systems (PET and SPECT). Over the years, new versions of the software have 
been regularly released in order to include well-validated upgrades, such as improved and 
faster simulation codes, bug corrections and new extensions. The recent extensions of this 
platform, present in versions 6 and 7 of GATE (released in 2010 and 2014, respectively), 
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also enable the modelling of x-ray computed tomography scanners (CT) and radiation 
therapy experiments [136]. 

GATE is a very well diffused tool that features description of time-dependent 
processes, acquisition and signal processing stage for a complete system simulation. It has 
been widely used by several research groups that work in the study and conception of 
imaging systems [136]. This widespread use of GATE has several advantages:  

• facilitates the comparison of simulated results with those obtained by other 
researchers; 

• allows extensive validation and test by several research groups; 
• permits the sharing of simulation macros; 
• enables the support and discussion of issues (for example through the 

“Gate-users mailing list”).  
The GATE provides the user with simple mechanisms to set up a simulation 

using scripts only (does not require programming to define the simulation setup). Thus, 
by defining the basic simulation elements (which include the definition of the geometry, 
source, physical processes, particle tracking and acquisition time) one can create a model 
of an imaging system and simulate its performance. It should be noted that the precision 
and realism of the obtained results depend on how accurate the system was modelled.  

Therefore, for the simulation studies of the SPEM and the Clear-PEM systems 
with the projected collimators, we developed detailed models of both systems on GATE. 
An accurate description of the detector geometry (including the geometry of all detector 
head components and the definition of its material properties), collimator, imaged object 
(phantom), physics, and instrumentation parameters was adopted in order to obtain 
realistic imaging data. 

4.2.2 Phantom 

The term “phantom” is used in the nuclear medicine literature to define a model 
in which the exact shape and radiotracer distribution are known. The phantoms are very 
useful to evaluate and improve medical imaging devices, because they provide a 
benchmark against which different image processing and reconstruction techniques can be 
compared. 

There are two types of phantoms:  
i) Physical phantoms – are made of solid materials that can be moulded to 

different shapes. Since these phantoms are used in real system acquisitions, 
this approach is expensive and time-consuming due to experimental and 
radiation safety procedures. 

ii) Digital or computational phantoms – contain information about the volume, 
shape, material densities and chemical compositions. The computational 
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phantoms allow the Monte Carlo codes to simulate interactions and energy 
deposition within the phantom for various types of radiation. These 
phantoms can be altered easily to model different anatomies and medical 
situations. 
 

A crucial aspect of simulation is to have a realistic phantom or model of the 
subject’s anatomy, otherwise the obtained results may not be indicative of what would 
occur in a real examination. However, the existing computational phantoms involve a 
trade-off between realism and flexibility, and this affects their applicability to imaging 
simulations. The voxel-based phantoms are based on real patient data (obtained by 
either CT or MRI); consequently these kind of computational phantoms are realistic but 
fixed to a particular anatomy. On the other hand, the mathematical phantoms are 
defined analytically in order to provide flexibility. However, the simplicity of the 
mathematical equations restricts an exact modelling of the organ shapes. 

Given the previous limitations, the recent work in computational phantoms has 
focused in the development of hybrid phantoms that combine the realism and flexibility 
of voxel-based and mathematical phantoms, respectively [139]. Example of such a 
phantom is the 4D NURBS-based Cardiac-Torso (XCAT, formerly known as NCAT) 
phantom, developed by W.P. Segars and co-workers [140-142]. The NURBS (acronym of 
Non-Uniform Rational B-Splines) surfaces are used to define the organ shapes and can be 
changed to realistically model different anatomical variations and patient motion (4D 
includes the 3D space and the time domain). For this reason, the XCAT phantom was 
used in this thesis. Two mathematical phantoms were also used in the simulations: the 
Derenzo and Defrise phantoms; allowing the measurement of reconstructed images spatial 
resolution and the examination of the axial blurring, respectively. These phantoms will 
be described in detail below (section 4.5). 

4.3 SPEM scanner simulation framework 
Detailed scripts using the GATE macro language were developed. The following 

subsections provide a brief overview of the parameters used in the simulation macros. 
The simulations were performed on GATE version 5.0.0 running on a computer 

cluster with 5 execution machines, each one with: 8 CPU’s (Intel® Xeon® CPU E5345 
@2.33 GHz), 12 GB of RAM and CentOS (release 5.8) operating system. 

4.3.1 Detector geometry 

In GATE the particles are tracked through the volumes of the scanner and 
object geometry. However, in the case of the scanner components, GATE records and 
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stores information related to the particle interactions only for those volumes that belong 
to a defined “system”. The “system” provides a template of a predefined geometry to 
simulate a scanner and acts as an interpreter between the geometry and the data output. 
For the modelling of the SPEM scanner, the “SPECTHead” system was chosen. This 
system is organized in three hierarchic levels:  

i) Base – is used to define the detector head volume; 
ii) Crystal – is used to define the main detector block (continuous detector) 

or modules of crystals (pixelated detector); 
iii) Pixel – which can be used to model each crystal of a pixelated detector. 
The simulated SPEM scanner comprises two planar detector heads (“Base”), 

each one composed by a module (“Crystal”) of 4736 crystals (“Pixel”) measuring 
2×2×20 mm3 with 0.3 mm spacing between them and arranged in a 74×64 array, which 
results in a average pixel size of 2.3×2.3 mm2. The material assigned to the crystal 
volumes was the sodium iodide (NaI, ! = 3.67 g/cm3 ). The Figure 4.1 shows the 
geometry of the detector model. 

4.3.2 Collimator geometry 

The geometry of the optimal cone beam collimator is not included in the range 
of possible collimation geometries that can be easily created on GATE. Therefore, the 
collimator was built by inserting multiple volumes (the air holes) within a tungsten 
volume. To define the tapered geometry of the collimator holes, we used the “trapezoid” 
volume shape (trapezoidal prism). 

However, since the collimator has 4736 holes (74×64), each one with different 
position and tilting angles, the definition of all air volumes is not an easy task. Moreover, 
in GATE the rotation of a volume is performed according to the Euler axis. Therefore, 
the rotations of the collimator holes about the transverse and axial axes must be defined 

 
Figure 4.1 – Front view of the detector model. The size of the crystals and the spacing between 
them are shown. 
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as a single rotation about a single axis of rotation. For these reasons, we developed a 
code that automatically calculates the position, the Euler axis and corresponding rotation 
angle, and creates the scripts for each hole volume. By using this approach, we created 
the collimator model on GATE. The collimator holes were modelled with an overall 
positioning and rotation accuracy smaller than 0.01 mm and 0.001°, respectively. 

Finally, a detector shielding volume (also in tungsten) was inserted to ensure 
that the detector is only reached by photons traveling through the collimator holes. 
Figure 4.2 shows the final geometry that was implemented to simulate the SPEM system 
with the projected collimator. 

4.3.3 Digitizer parameters 

The GATE has different digitizer modules that can be designed by the user to 
reproduce the detector electronic response (see Figure 4.3). These modules are inserted 
into a linear signal processing chain. The chain begins with the “hit”, which is a physical 
interaction of a particle with the detector material, and ends with the “single”, which is 
the physical observable of the experiment. The “single” corresponds to the information 

 
Figure 4.2 – Geometry of the model that was implemented in GATE to simulate the SPEM 
scanner with the projected collimator: (a) side view showing the detector axial dimension (b) top 
view showing the detector transverse dimension. The dimensions of the collimator, crystals and 
detector shielding are shown (in millimetres). A CAD software (Computer-Aided Design) was 
used to open and visualize the GATE geometry file. 
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that is accessible by a real detector [143]. In the results section, we will use the term 
“counts” to refer to the number of detected singles. 

For the considered SPEM system, each detector crystal is read by an individual 
photodetector. Therefore, the digitizer parameters were set according to this readout 
geometry. In this case, all hits that occur within the same crystal are summed. This is 
due to the fact that the electronics measure an integrated signal, the “pulse”, and not the 
individual interactions of the particle with the crystal, the “hits”. Therefore, the energy 
of the pulse is equal to the sum of the energies of the hits. 

The next step is to transform the output pulse into a single. The blurring 
module allows simulating the Gaussian blurring of the energy spectrum of a pulse after 
the readout module. This is accomplished by introducing the energy resolution of the 
detector – the value of 14% at 140 keV was considered, which is within the 10-20% range 
of the SPEM cameras with pixelated crystals [6]. 

The last module that was used in our simulations is the thresholder/upholder 
module, which allows the user to apply an energy window cut to remove low and high 
energy photons. A typical energy window of 120-160 keV was used [10,144]. In both PET 
and SPECT analysis, the proper setting of this energy window is crucial to scatter 
reduction, and therefore, has an impact in the quality of the reconstructed images. 
However, the study of the optimal energy window is beyond the scope of this thesis. 

4.3.4 Physics and other parameters 

The Photoelectric effect and Compton scattering were included in the 
simulation. For both physical processes, we chose the standard model, which simulates 
the transport of photons down to 10 keV. Although a more accurate physical simulation 
is possible, this would increase the simulation time. The simulated output data were 
saved in the ROOT format (ROOT is an object-oriented program and library developed 
by CERN [145]). 

 
Figure 4.3 – Schematic of the digitizer modules used in the simulation. The chain of modules 
begins with the hits and ends with the single. 
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The proprieties of the phantoms (source activity, distribution and geometry) 
used in the simulations will be described in section 4.5. 

4.4 Clear-PEM scanner simulation framework 
A detailed model of the Clear-PEM scanner was developed and its performance 

was simulated using different phantoms and imaging conditions. As we will see, most of 
the previous simulation parameters were maintained. 

4.4.1 Detector geometry 

For the modelling of the Clear-PEM scanner, the “cylindricalPET” system was 
chosen. This system is organized in five hierarchic levels:  

i) Rsector – is used to define the detector head volume; 
ii) Module – is used to define the detector modules; 
iii) Submodule – is used to define boxes inside the modules (the submodules); 
iv) Crystal – is used to model the crystals inside the submodule; 
v) Layer – which can be used to model multiple layer crystals (composed of 

different materials). 
The simulated Clear-PEM scanner comprises two planar detector heads 

(“Rsector”), each one composed by 8 supermodules (“Module”). Each supermodule 
comprises 12 modules (“Submodule”) with 32 crystals (“Crystal”) measuring 2×2×20 
mm3. The material assigned to the crystal volumes was the lutetium yttrium 
oxyorthosilicate doped with cerium (LYSO:Ce, ! = 7.4 g/cm3 ) and barium sulphate 
(BaSO4 ,!! = 4.5 g/cm3) for the regions between the crystals. Note that according to the 
geometry of the Clear-PEM scanner, the crystals are arranged in a 64×48 array, however 
the spacing between them (or gaps) depends on the crystal location and ranges from 0.3 
to 4.5 mm, as shown in Figure 4.4. These gaps between contiguous detector elements, 
due to the space required by the electronics of the system, results in a low sensitivity per 
area. In fact, only ~47% of the detector area is covered with crystals. 

Other relevant components of the Clear-PEM detector heads (such as APD, 
PCB, cooling plates and other electronic components) were also included in our 
simulated model. In fact, the interaction of radiation with the materials of these 
components also influences the scanner performance. Therefore, the electronic 
components were modelled according to the real specifications (with the exact dimensions, 
positions and materials), as shown in Figure 4.5. The information needed for the 
simulation of the Clear-PEM scanner was obtained from the Clear-PEM project 
documentation [146] and published papers [82]. 
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Figure 4.4 – Front view of the Clear-PEM detector model. The supermodule, module, crystal size 
and the gap dimensions are shown. 

 

4.4.2 Collimator geometry 

As in the case of the SPEM scanner, we used the same approach to create the 
collimator model for the Clear-PEM scanner. Therefore, 3072 (64×48) volumes (the air 
holes) were inserted within a tungsten volume. The collimator holes were also modelled 
with an overall positioning and rotation accuracy smaller than 0.01 mm and 0.001°, 
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Figure 4.5 – Geometry of the model that was implemented in GATE to simulate the Clear-PEM 
scanner with the projected collimator: (a) side view showing the detector axial dimension (b) top 
view showing the detector transverse dimension. The dimensions of the collimator, crystals, 
detector shielding and other detector components are shown (in millimetres). 
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respectively. Moreover, a detector shielding volume (in tungsten) was also inserted. The 
Figure 4.5 shows the final geometry that was implemented to simulate the Clear-PEM 
scanner with the projected collimator. 

4.4.3 Digitizer parameters 

As we have seen in subsection 2.3.2, each crystal of the Clear-PEM scanner is 
read from both sides by two photodetectors (APD), providing depth-of-interaction (DOI) 
positioning within the crystal. However, for simplicity, this feature of the Clear-PEM was 
not simulated and the digitizer parameters were set in order to measure only the pulse 
and the crystal where it occurred (rather than the exact position within the crystal). This 
readout geometry and the digitizer modules used in this simulation are similar to those in 
Figure 4.3. The only difference here is that the energy resolution of the Clear-PEM 
scanner was used, which is 15.9% at 511 keV [81]. The other parameters were maintained: 
energy window of 120-160 keV and a system efficiency of 100% for pure photoelectric 
events (which is close to the real efficiency of the Clear-PEM scanner [86]).  

4.4.4 Physics and other parameters 

The previous parameters (of subsection 4.3.4) were maintained. 

4.4.5 Simulation of LYSO:Ce background  

In the specific case of the Clear-PEM scanner, the LYSO:Ce background must 
be taken into account in the simulation. This background activity is due to the presence 
of 176Lu isotope, with an abundance of 2.6% in the natural lutetium used in the crystals 
production [147]. The 176Lu isotope has a half-life of approximately 3.8×1010 years and 
decays into 176Hf (Hafnium) by β− emission, followed by prompt gamma emission, as 
shown in the decay scheme of Figure 4.6(a). This decay results in an intrinsic crystal 
activity that will be responsible for the presence of an additional background within the 
field of view of the scanner. 

In positron imaging applications, the effects of the LYSO:Ce background 
activity are negligible, mainly due to the coincidence trigger acquisition and the relative 
low energy of the 176Lu gamma emissions [84]. However, it may have serious impacts on 
single photon imaging. In fact, the spectrum of the 176Lu gamma emissions (shown in 
Figure 4.6(b)) overlaps with the energy range of the radiotracers used in single photon 
applications (which is 140 keV for the Tc-99m). Furthermore, the sensitivity of the single 
photon systems is low for detecting photons from imaging objects due to the presence of 
the collimator but high (~100%) for LYSO:Ce background activity. Therefore, the 
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background activity contaminates the acquired data and can generate image artefacts 
[94]. Nevertheless, some studies indicate that this contamination is not expected to 
significantly deteriorate the performance of single photon systems [96,104], especially 
when the background activity has a low weight in the overall acquired data.  

 

 
In order to analyse the crystal background activity and its consequent effects in 

the final images, we performed an 1 hour acquisition of the LYSO:Ce background singles 
rate (with no external sources present). This background measurement was used for 
estimating the LYSO:Ce background counts in each phantom study performed with the 
Clear-PEM scanner. 

The simulation of the background activity was performed filling the crystal 
volume with a uniform distribution of 176Lu, defined using the General Particle Source 
(GPS)1 module provided by GATE [136,137]. According to the measurements reported 
by several authors, the total background activity of the scintillator material (i.e., the 
count rate, independent of the deposited energy) is 240 cps.cm-3 over the whole spectrum 
[84,148]. Therefore, this background count rate value was considered in the simulations. 
Since the total volume of the LYSO:Ce in one Clear-PEM detector head is approximately 
246 cm3 (a total of 3072 crystals with 0.2×0.2×2.0 cm3), the total background rate per 
detector head is 58982 cps (thus, the activity of the 176Lu source was set to 58982 Bq). 
                                                             

1 The GPS module has several options that can be used to define source proprieties. The 
“ion source” was used in this work, since it provides a realistic way of simulating radionuclides 
(including the radioactive decay and atomic de-excitation). 

          
(a)                                                     (b) 

Figure 4.6 – (a) 176Lu decay scheme to 176Hf. In 99.66% of the cases, 176Lu decays into 176Hf by 
beta-emission at 596.82 keV, followed by a cascade of gamma photons with energies of 307, 202 
and 88 keV. (b) The full 176Lu background spectrum of single events in the Clear-PEM scanner. 
The three peaks correspond to the gamma ray energies of 88, 202 and 307 keV. The highest 
energy in the background spectrum agrees with the total available energy in the decay process, 
Qβ-=1194 keV (Adapted from [83]). 
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Figure 6.16: (a) Decay scheme of 176Lu (Lutetium) into 176Hf (Hafnium) by !−

emission. Figure adapted from [38]. (b) Energy spectrum of the emitted !−. Data
extracted from [38].

202 keV (86.0%) and 88 keV (13.3%) are emitted. It should be noted that nucleous de–
excitation through the emission of atomic electrons by internal conversion, compete with
the prompt photons. The !− (99.7%) spectrum have an end–point energy of 596 keV
and an average energy of 183 keV. The 176Lu decay scheme is shown in Figure 6.16
together with the energy spectrum of the most probable emitted !−. This decay gives rise
to an intrinsic crystal activity that will be responsible for the presence of an additional
background within the FOV of the scanner. The natural background activity is estimated
in 240 Bq.cm−3 of scintillator material [39, 40]. The total volume of LYSO:Ce in
the Clear–PEM scanner was calculated to be approximately 492 cm3 (a total of 6144
crystals with 0.2×0.2×2.0 cm3), which results in an activity of 118 kBq over the whole
spectrum. Such background activity is expected to have a direct influence on the system
final dead time. Single events from the LYSO:Ce will also contribute to the increase
of the total number of detected random events. Recalling the methods used to estimate
random coincidence rates, this means that a new term, SLYSO, is added to equation
R= 2" (S + SLYSO)2, in order to account for singles from the 176Lu decay. In addition,
the simultaneous emission of a !− within one crystal and the emission of a photon that
can be detected in the opposite detector head after crossing the FOV, can perfectly mimic
an ordinary true coincidence. These !# coincidences will provide inaccurate lines–of–
response, with no relation with the real activity object in the FOV.

In order to investigate the effect of the 176Lu background on the Clear–PEM scanner,
single, random and true–!# count rates, due to the LYSO:Ce intrinsic activity were
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Figure 6.18: The full spectrum of single events with photoelectric peaks
corresponding to the !–ray energies of 88 keV, 202 keV and 307 keV.

cascade photons in the crystal itself by Compton scattering, photoelectric absorption
and monoenergetic internal conversion electrons originate three broad peaks. These
peaks correspond mainly to combinations between the 307 keV, 202 keV and 88 keV
de–excitation levels with the emitted "−. In spite of the differences between crystal
dimensions, a similar natural background spectrum was measured by Huber et al., for a
single LSO crystal with dimensions of 1.05×1.07×1.37 cm3 coupled to a photomultiplier
tube, as reported in [40]. The background activity within each crystal assembled in
the detector heads will in turn contribute, essentially through escaping photons, to the
measured background in the neighbor crystals. In the Clear–PEM scanner the full
spectrum of single events will be analogous to the one presented in Figure 6.18. The
identified peaks correspond to the energies of the emitted photons from nearby crystals
summed up with the self–spectrum of the crystal. The highest energy in the background
spectrum agrees with the total available energy in the decay process, of approximately
Q"− = 1194 keV.

The simulated data was used to re–assess the system dead time for all the patient exam
setups, at this time taking into account the single rates from both the 18F–FDG uptake
in the patient and intrinsic crystal activities – Table 6.7. The increase in the dead time
estimates can be considered negligible when the single events from 176Lu background
were considered. Besides the small influence of the natural background, the result also
indicate that the activity in the FOV is the determining factor for the dead time in the
Clear–PEM system. The "! coincidences spectrum is shown in Figure 6.19. Similar
spectra were measured by Knoess et al. with a High Resolution Research Tomograph



4  Monte Carlo Simulations 
 

 
 88 R. Capote  

4.5 Simulated Phantoms 
In the following subsections, we describe the proprieties of the simulated 

phantoms: Derenzo, Defrise and XCAT. These phantoms were simulated for both SPEM 
and Clear-PEM scanners with the respective optimal collimators. In all cases, simulated 
data were collected for 128 step-and-shoot projections over 360° (2.8125°/projection), 
with a radius of rotation of 5 cm. Since both scanners have two opposed detector heads, 
each head collected 64 projections over 180° (half-rotation around the phantom). All 
simulated phantoms were static during the scan. Each scan was acquired for 
approximately 11 minutes (10 seconds per projection) for the Derenzo and Defrise 
phantoms. For the XCAT phantom the acquisition times were ~11 and ~21 minutes (10 
and 20 seconds per projection, respectively), which correspond to the typical times of a 
SPECT mammography exam [149]. Since the duration of the exam is much less than the 
half-life of the Tc-99m radionuclide (6.02 hours), it was assumed that the phantom 
activity was constant during the exam. 

4.5.1 Derenzo phantom 

The Derenzo phantom is a mathematical phantom that is commonly used in 
nuclear medicine imaging, particularly to investigate the spatial resolution of a system 
[150]. It consists of six pie-shaped wedges, each with different rod or cylinder diameters 
with centre-to-centre separation equal to twice their diameter. These six wedge sections 
are contained within a cylindrical body. The Derenzo phantom used in the simulations 
consisted of an acrylic cylindrical body, measuring 3 cm long and 3 cm in diameter, with 
46 rods. The diameter of the rods ranged from 2.0 to 4.5 mm (as shown in Figure 4.7), 
each measuring 2 cm long.  

 
Figure 4.7 – Front view of the Derenzo phantom and scheme of the acquisition geometry (used in 
the simulation of both SPEM and Clear-PEM systems). The diameter of the rods and the distance 
between the axis of rotation and collimator surface are shown. 
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Each phantom rod contained water with 27 µCi/mL (or 1000 Bq/mm3) 
concentration of Tc-99m, and the absolute activity of the phantom was ~173 µCi (~6.4 
MBq). The phantom was centred with the scanner’s axis of rotation and placed close to 
the FOV’s upper edge (2 cm above the detector heads). The data acquisition was 
performed using a radius of rotation of 5 cm (Figure 4.7). 

4.5.2 Defrise phantom 

The Defrise phantom is also a mathematical phantom that is widely used in the 
research of single photon imaging systems with fan beam, cone beam or pinhole 
collimation. It is specifically used to evaluate the axial blurring and distortion artefacts 
that occur in the reconstructed images obtained with these cone-beam-like collimation 
geometries [151]. Therefore, a commercially available phantom, the Mini Defrise phantom 
(Data Spectrum Corp. Hillsborough, NC), was modelled and used in the simulations. 
This phantom consisted of a cylinder containing five acrylic disks measuring 7.5 cm in 
diameter, 0.43 cm in thickness and placed 0.43 cm apart, as shown in Figure 4.8. 

Each phantom disk contained water with 22.5 µCi/mL (or 832.5 Bq/mm3) 
concentration of Tc-99m [9], and the absolute activity of the phantom was ~2135 µCi 
(~79 MBq). The phantom was placed at the centre of the FOV and aligned with the 
scanner’s axis of rotation (AOR), which was at 5 cm from either collimator surface. 

4.5.3 XCAT phantom 

The XCAT phantom, developed by W.P. Segars and co-workers [140-142], is a 
computational phantom that is widely used to simulate real clinical exams. The phantom 
anatomical structures are based on real CT images from the 3D Visible Human dataset 

 
Figure 4.8 – Front view of the Defrise phantom and scheme of the acquisition geometry (used in 
the simulation of both SPEM and Clear-PEM systems). The cylinder and disk dimensions and the 
distance between the axis of rotation and collimator surface are shown. 
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[152] and modelled by the flexible NURBS surfaces. Therefore, the XCAT phantom is 
able to generate different patient models with varying anatomy that closely resembles the 
anatomical structures of a normal human subject. A specific set of parameters is 
available for the user to control the size, shape and other main configurations of the 
patient model. The most relevant parameters used, in the context of this work, to 
generate just the upper torso region of a female patient (with approximately 75 kg) are 
shown in Table 4.1. The other body organs and structures dimensions were set to the 
default values from the original Visible Human dataset. 

 
Table 4.1 – List of parameters used to generate the female patient model 
from the XCAT phantom. 

XCAT input parameters Option 
male or female phantom female 

phantom_weight 75 kg 
breast_type prone 
which_breast left only 

breast_long_axis 10.0 cm 
breast_short_axis 8.5 cm 

breast_height 10.0 cm 
voxel size 0.3 cm 
array size 1283 voxels 

 
The voxelized model comprising the female torso and breast was used on both 

SPEM and Clear-PEM simulations. In order to study the effect of the torso and organs 
uptake in the image data, the left breast was modelled (as shown in Figure 4.9), given its 
proximity to the heart.  

The model mimic an uncompressed medium sized breast (~445 cm3) [106] and 
its shape was adjusted to allow the breast to be imaged by the scanners at a separation 

 
Figure 4.9 – 3D views of the XCAT phantom voxelized geometry. The different organ and bone 
structures are shown. 
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distance of 10 cm between the detector heads (radius of rotation of 5 cm). The Figure 
4.10(a) shows a volume rendering of the phantom with the implemented acquisition 
geometry. 

The choice of the phantom voxel size represents a trade-off between the detail 
needed in the simulation and the required computational time (and also the memory 
available in the execution machine to store the voxel array). Thus, taking these 
considerations into account, the phantom was generated with a total of 128×128×128 
cubic voxels with a size of 0.3 cm.  

In order to simulate the breast lesions, 3 and 6 mm diameter spheres were 
placed in the chest wall and breast regions, respectively. The spheres were implemented 
in the geometry as a volume in continuous space, independent of the finite resolution of 
voxelized geometry of the phantom. Such approach allowed to accurately model very 
small lesions without detail loss in the geometry description. The Figure 4.10(b) shows a 
schematic representation of the simulated breast lesions. 

Since the XCAT phantom provides the possibility of defining a different value 
to the voxels inside each anatomical structure, this option was used to index a unique 
identification number to each organ. This index was used in the simulation to set the 
material properties and radiotracer concentration values associated to each organ/tissue. 
In this way, it was possible to define the chemical compositions, and generate the 3D 
spatial distribution of the radiotracer according to each organ. 

 

 

          
(a)                                                     (b) 

Figure 4.10 – (a) Cranio-caudal view showing the XCAT phantom and the acquisition geometry 
that was implemented in GATE to simulate a real breast exam (b) Schematic showing the 
location and diameter of the simulated breast lesions. 
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The compositions of the different phantom tissues were set according to the real 
compositions of the Human tissues, extracted from the International Commission on 
Radiation Units and Measurements (ICRU) Report 44 [153]. These compositions, shown 
in Table 4.2, were included into the GATE material database. 

 
Table 4.2 – The elemental compositions and densities of the biological tissues used in the XCAT 
phantom. 

 ρ Elemental Composition (% by mass) 
Tissue (g/cm3) H C N O Other elements 
Heart 1.05 10.4 13.9 2.9 71.8 0.1(Na); 0.1(P); 0.3(K); 0.2(Cl) 
Blood 1.06 10.2 11.0 3.3 74.5 0.1(Na); 0.1(P); 0.2(K); 0.3(Cl) 
Breast 1.02 10.6 33.2 3.0 52.7 0.1(Na); 0.1(P); 0.1(Cl) 
Body 1.00 11.2 88.8 0.0 0.0 - 
Liver 1.06 10.2 13.9 3.0 71.6 0.2(Na); 0.3(P); 0.3(K); 0.2(Cl) 
Lung 0.26 10.3 10.5 3.1 74.9 0.2(Na); 0.2(P); 0.2(K); 0.3(Cl) 

Stomach 1.05 10.4 13.9 2.9 72.1 0.1(Na); 0.6(Cl) 
Spleen 1.06 10.3 11.3 3.2 74.1 0.1(Na); 0.3(P); 0.3(K); 0.2(Cl) 

Rib Bone 1.92 3.4 15.5 4.2 43.5 10.3(P); 22.5(Ca); 0.2(Mg) 
Spine Bone 1.42 6.3 26.1 3.9 43.6 6.1(P); 13.3(Ca); 0.1(Mg) 
Cartilage 1.10 9.6 9.9 2.2 74.4 0.5(Na); 2.2(P); 0.3Cl) 

 
For breast scintigraphy with Tc-99m-sestamibi, the typical injected activity 

ranges between 740 and 1110 MBq (20-30 mCi) [6,149]. Once administered intravenously 
into the patient, the Tc-99m concentration varies across the different organs/tissues and 
spreads all over the body few minutes after the injection. Hence, the radiotracer 
concentration in each phantom organ must be calculated on the basis of human 
biodistribution data and according to the injected activity. In the present work, the data 
on the biodistribution of Tc-99m-sestamibi was extracted from the study published by F. 
J. Wackers et al. [154], which was measured 5 minutes after the radiotracer injection in 
17 normal patients. Wackers and co-workers determined the organ accumulation of Tc-
99m-sestamibi from whole body images by expressing the organ uptake as a percentage of 
the injected dose (i.e., the total organ uptake divided by the total body uptake). 
Therefore, these organ uptake values were used to calculate the radiotracer 
concentrations for the various organs/tissues of the XCAT phantom. In the calculation 
an injected activity of approximately 1000 MBq was assumed. 

The radiotracer concentration (activity per unit volume) and ratio relative to 
breast are presented in Table 4.3 for the following organs/tissues: the heart, liver, lung, 
breast and lesion. The radiotracer concentrations in the lesions were calculated by using 
the correspondent value for the breast and the typical lesion-breast ratio. According to 
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the work published by J. Maublant et al [40], the mean concentration ratio between 
malignant breast tumours and normal breast tissue is approximately 6 to 1. 

The radiotracer concentrations were then scaled down, in line with the volumes 
of the phantom voxel (0.33 cm3) and spherical lesions (~0.014 and ~0.113 cm3), and 
included in the simulation macros. In this way, the Tc-99m-sestamibi uptake in different 
organs of the XCAT phantom and in the lesions was simulated according to the clinically 
realistic concentration ratios. 

 
Table 4.3 – The Tc-99m-sestamibi concentrations (activity per unit volume) and corresponding 
radioactive ratio relative to breast for the various organs and lesions of the XCAT phantom. 

Organ 
Radiotracer concentration  Radioactivity ratio 

relative to breast (kBq/cm3) (µCi/mL) 
Heart 
Liver 
Lung 

Body and Breast 
Lesion 

 59.5 1.61  5.00 
126.0 3.41 10.59 
 11.6 0.31  0.97 
 11.9 0.32  1.00 
 71.4 1.93  6.00 

 
In spite of some differences, similar values to those of the Table 4.3 have been 

used in other SPEM studies. For example, in the study reported by D. Kieper et al. [155] 
the radiotracer concentrations in the phantom organs were 1, 3.9, 0.51, 0.33 and 2 
µCi/mL for the heart, liver, lung, body/breast and lesion, respectively.  

Finally, it should be noted that in this work we considered a chest wall lesion of 
3 mm in diameter, which is half the size of the smallest spherical lesion (6 mm) used in 
the previous studies on breast and chest wall imaging [9-12] (described in the subsection 
2.2.4). 

4.6 Results of the simulated phantoms 
The SPEM and Clear-PEM scanners were simulated with different phantoms 

using the previous simulation frameworks. By default, GATE records several information 
about the particles interactions, such as: origin of the emission, position of the detection, 
deposited energy and type and number of interactions within each simulated volume. 
From this wide range of information, the data regarding the energy and position of the 
detected singles (or counts) were used to generate the projection file, which corresponds 
to the image data that is obtained in a real acquisition protocol with a gamma camera 
(see the projection data at Appendix B). The projection file contains the counts that are 
within the chosen energy window (120-160 keV). Only these counts will be used, in the 
next chapter, to reconstruct the images of each phantom. 
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In the following subsections, we present the simulation statistics obtained with 
both SPEM and Clear-PEM scanners, namely the number of counts of each projection 
file and the number of photons emitted from the phantom during each simulation. While 
for the Derenzo and Defrise phantoms all photons are emitted from a region that is 
within the collimator FOV for all projections, the same is not true in the case of the 
XCAT phantom. As we have seen (in subsection 3.6.3), the torso activity (mainly from 
the heart and liver) may be detected, resulting in the contamination of the detected 
breast data. Therefore, the information about the origin of the emission was used to 
measure the percentage of counts that were emitted from the torso region. 

Lastly, for the Clear-PEM scanner, we also present the results of the LYSO:Ce 
background simulation.  

4.6.1 SPEM scanner results 

The Table 4.4 presents the simulation results obtained with the SPEM scanner. 
For each phantom are indicated the number of emitted photons and counts within the 
energy window of 120-160 keV. Regarding the XCAT phantom, approximately 74% of 
the counts were emitted from the breast (including the chest wall region), which was 
inside the FOV. The remaining ~26% were emitted from the torso region, which was 
inserted in the FOV at some projections. These percentages were obtained for both 
acquisition times (11 and 21 minutes). 

 
Table 4.4 – The simulation results of the SPEM scanner with the projected collimator. The 
acquisition times are shown in parentheses after the phantom name. 

Phantom  Emitted photons 
Counts 

(between 120 and 160 keV) 

Derenzo (~11 min.) 4.1×109    974 205 
Defrise (~11 min.) 5.1×1010 10 336 423 

XCAT (~11 min.) 6.1×1010 884 554 
(26.1% from the torso) 
(73.9% from the breast) 

XCAT (~21 min.) 1.2×1011 1 751 416 
(25.9% from the torso) 
(74.1% from the breast) 

 

4.6.2 Clear-PEM scanner results 

The Table 4.5 presents the simulation results obtained with the Clear-PEM 
scanner. For the XCAT phantom and an acquisition time of 11 minutes, approximately 
80.5% and 19.5% of the counts were emitted from the breast and torso, respectively. 
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These percentages have slightly changed for the acquisition time of 21 minutes and were 
79.2% and 20.8%, respectively. 

 
Table 4.5 – The simulation results of the Clear-PEM scanner with the projected collimator. The 
acquisition times are shown in parentheses after the phantom name. 

Phantom  Emitted photons 
Counts 

(between 0.12 and 0.16 MeV) 

Derenzo (~11 min.) 4.1×109    158 620 
Defrise (~11 min.) 5.1×1010  1 626 587 

XCAT (~11 min.) 6.1×1010 139 753 
(19.5% from the torso) 
(80.5% from the breast) 

XCAT (~21 min.) 1.2×1011 281 160 
(20.8% from the torso) 
(79.2% from the breast) 

 
In the measurement of the LYSO:Ce background singles rate (with no external 

source), an average count rate of 3675 cps per detector head was obtained for an energy 
window of 120-160 keV. By taking the volume of the scintillation material into 
consideration (246 cm3), the specific count rate was ~15 cps/cm3 or ~1.2 cps per crystal 
(0.2×0.2×2.0 cm3).  

In order to enable a comparison between the LYSO:Ce background count rate 
and the one that results from the phantom activity, we measured the count rates in the 
crystals that were exposed to the source (or lesions) in each phantom study (of the Table 
4.5). In fact, it is exactly in these crystals where the highest count rates from the 
phantom activity are obtained. The Table 4.6 presents the average count rates per 
crystal from the LYSO:Ce background and phantom activities. The highest simulated 
count rate was obtained for the Defrise phantom (approximately 1.5 cps/crystal), which 
is higher than the one from the background. However, for the Derenzo and XCAT 
phantoms the values were 0.6 and 0.2 cps/crystal, representing approximately 1/2 and 
1/6 of the LYSO:Ce background count rate, respectively. 

 
Table 4.6 – The average count rates per crystal measured in the Clear-PEM imaging studies. The 
count rates from the LYSO:Ce background and phantom activities are shown. 

Phantom  LYSO:Ce Background 
count rate (cps/crystal) 

Phantom count rate 
(cps/crystal) 

Derenzo (~11 min.) 1.2 0.6 
Defrise (~11 min.) 1.2 1.5 
XCAT (~11 min.) 1.2 0.2 
XCAT (~21 min.) 1.2 0.2 
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Finally, the 1 hour LYSO:Ce background measurement was scaled to the 
acquisition time of each previous phantom study and was added to the respective 
simulated projection data to introduce the crystal background activity. In this way, it 
was possible to obtain projection data with and without the presence of the LYSO:Ce 
counts. 

4.6.3 Discussion 

Each phantom was simulated with the same radiotracer concentration for both 
SPEM and Clear-PEM scanners. As expected, since the collimator projected for the 
Clear-PEM scanner has a poor sensitivity (0.0066% was the theoretical value calculated 
in Table 3.7), the lowest counts were obtained in the phantom studies performed with 
this scanner (as shown in Table 4.5 and in the SPEM results of Table 4.4).  

In the XCAT phantom simulations, the percentage of detected photons from the 
torso region was lower for the Clear-PEM than for the SPEM scanner. This result was 
also expected, since (as we have seen in subsection 3.6.3) the collimator projected for the 
Clear-PEM scanner is the one with the smallest hole incidence angles, which allowed the 
reduction of the system exposure to the torso activity and, thereby, of the breast data 
contamination. Nevertheless, the presence of the torso background in the data acquired 
by both systems could affect the image quality. 

For single photon imaging applications with the Clear-PEM scanner, there is, 
however, another factor that contaminates the image data: the LYSO:Ce background 
activity. The obtained LYSO:Ce count rate was ~15 cps/cm3 for the considered energy 
window of 120-160 keV, which is compatible with the experimental measurement 
reported by Lois et al. [96] (in this study, a count rate of 21 cps/cm3 was measured in a 
energy window of 100-180 keV using a single photon system with LYSO blocks). Since 
the image quality depends strongly on the relative weight of signal and noise in 
projection data, the LYSO:Ce background count rate should be lower than the one that 
results from the phantom activity. However, as shown in Table 4.6, the LYSO:Ce 
background count rate was higher than the phantom count rates, except for the Defrise 
phantom. For this reason, not only the image quality as well the usefulness of the entire 
system in such conditions could be compromised. Therefore, the projection data with 
LYSO:Ce background will not be reconstructed and analysed in the next chapter. 

However, before proceeding to the image reconstruction topic, the following 
section addresses the simulation of each system response function. 
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4.7 Simulation of the system response function 
The response function is an objective and quantitative means of assessing the 

performance of an imaging system [156]. In the previous chapter, the geometric efficiency 
and spatial resolution of the collimators projected for the SPEM and Clear-PEM systems 
were analysed based on the single pixel response function (SPRF) theory [58]. Therefore, 
the SPRF was simulated in order to measure the system resolution and sensitivity. This 
approach enabled the accurate analysis of these performance parameters and the 
comparison with the results presented in the previous chapter (on section 3.6), which 
were obtained using an analytical approach.  

On the other hand, the integration of a simulated model of the system into the 
image reconstruction process improves the signal-to-noise ratio, the contrast and the 
spatial resolution of the reconstructed images [157]. Therefore, the simulated data 
obtained in this section will be used to calculate a precise and realistic model of the 
system response to be incorporated into the reconstruction algorithm (as we will see in 
next chapter). 

The strategy used for the SPRF simulation took advantage of the GATE 
features to generate a dataset containing all information about the detected photons, 
from which the response function of each detector pixel was calculated and analysed 
using external programs. 

The simulation was performed filling the entire FOV volume with a uniform 
source distribution. For each system, a cylindrical source of 140 keV was simulated in air. 
During each simulation, over than 1010 photons were uniformly emitted from all FOV 
regions. Since both scanners have two opposed and symmetrical detector heads, only one 
detector head was simulated. The detector head was static during the simulation and 
placed at a distance of 5 cm from the central axis. The previous physical processes 
(Photoelectric effect and Compton scattering) and digitizer parameters (energy window 
of 120-160 keV) were maintained in this simulation. The Figure 4.11 shows the 
cylindrical source and the implemented acquisition geometry. 

Once the simulated data are generated, the SPRF for any detector pixel can be 
calculated by knowing the exact origin of the emission and the position where the 
photons were detected. Therefore, this information was used to generate images of the 
SPRF. Since the spatial resolution corresponds to the FWHM of the SPRF, profiles were 
drawn over the SPFR images for measuring the FWHM1. In order to evaluate the 
relationship between distance and the spatial resolution, the average FWHM was plotted 
as a function of the source-collimator distance (ranging from 1 to 9 cm). The theoretical 
values for the spatial resolution were also calculated and plotted. 
                                                             

1 The freeware software AMIDE (“A Medical Image Data Examiner”, version 1.0.0, 
Andy Loening) was used to visualize the SPRF images and obtain the FWHM. 
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Finally, the simulated data were also used to determine the average sensitivity 
of both systems at the centre of the FOV. Thus, only the photons that were emitted 
from a region at the centre of the FOV (source-collimator distance of 5 cm) were used in 
the calculation. 

4.7.1 SPEM scanner results 

The Figure 4.12 plots the simulated and theoretical spatial resolution of the 
SPEM scanner as a function of the source-collimator distance. The results show that the 
simulated results are in conformity with the theoretical values (given by Equation (3.5)). 

                  
(a)                                                     (b) 

Figure 4.11 – Front view of the acquisition geometry that was implemented in GATE to simulate 
the response functions of the following systems: (a) SPEM system (b) Clear-PEM system. In both 
images the detector head (gray), collimator (blue) and cylindrical source (yellow) are shown. 

  
Figure 4.12 – SPEM system resolution as a function of distance from collimator surface. The 
simulated resolution values, including the one at the centre of the FOV (FWHMz=5cm), and the 
line representing the theoretical resolution are shown. 
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The resolution measured at the centre of the FOV (z0=5 cm) is within the 3.46±0.09 mm 
range, which includes the value used in the collimator optimization (3.5 mm). 

The Table 4.7 presents the simulated average sensitivity at the centre of the 
FOV. The obtained value was 0.0121%, representing a reduction of around 18.8% 
compared with the theoretical value of 0.0149% (calculated in Table 3.5). 

 
Table 4.7 – Average sensitivity of the SPEM scanner, simulated using only one detector head 
with the optimal collimator. 

Simulated Average Sensitivity 
(%) 

Theoretical Average Sensitivity 
(%) 

Relative Error 
(%) 

0.0121 0.0149 -18.8 

 

4.7.2 Clear-PEM scanner results 

The Figure 4.13 plots the simulated and theoretical spatial resolution of the 
Clear-PEM scanner as a function of the source-collimator distance. In spite of slight 
differences, the simulated results show consistency with the theoretical values (given by 
Equation (3.12)). The system resolution at the centre of the FOV (z0=5 cm) is within the 
3.43±0.13 mm range, which includes the value used in the collimator optimization (3.5 
mm). 

 
The Table 4.8 shows the simulated average sensitivity at the centre of the FOV. 

The obtained value was 0.0024%, representing a reduction of around 63.6% compared 
with the theoretical value of 0.0066% (calculated in Table 3.7). 

  
Figure 4.13 – Clear-PEM system resolution as a function of distance from collimator surface. The 
simulated resolution values, including the one at the centre of the FOV (FWHMz=5cm), and the 
line representing the theoretical resolution are shown. 
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Table 4.8 – Average sensitivity of the Clear-PEM scanner, simulated using only one detector 
head with the optimal collimator. 

Simulated Average Sensitivity 
(%) 

Theoretical Average Sensitivity 
(%) 

Relative Error 
(%) 

0.0024 0.0066 -63.6 

 

4.7.3 Discussion 

The system response function, namely the SPRF, was simulated for both 
scanners. The spatial resolution values were obtained by measuring the FWHM of each 
SPRF profile. The results of this study were in accordance with the analytical approach 
presented on the previous chapter: 

• the spatial resolution values increased with the distance from the collimator 
surface and were consistent with those calculated by Equations (3.5) and 
(3.12), for the SPEM and Clear-PEM scanners, respectively; 

• the resolution value at the centre of the FOV (z0=5 cm) was approximately 
3.5 mm for both scanners, as projected during the collimator optimization.  

Regarding the simulated average sensitivity, its values were 18.8% and 63.6% 
lower than those predicted by the analytical methods. This difference was due to the 
following fact: in the analytical methods it was assumed that all photons passing through 
the collimator were detected. However, several factors must be taken into account for an 
accurate assessment of this performance parameter, such as: 

• the orientation between the collimator holes and the crystals; 
• the particles interaction with the detector components (cooling plates and 

electronic components); 
• the crystal arrangement and spacing (gaps) between them. 
The last two points are significantly important in the specific case of the 

Clear-PEM scanner. Although they were not quantified in this study, the radiation 
interaction with the detector components and, especially, the large gaps between the 
active areas of the detector (as shown in Figure 4.4) had a significant effect in the 
reduction of the system sensitivity. For these reasons the relative error, between 
theoretical and simulated results, was greater for the Clear-PEM than for the SPEM case. 

4.8 Conclusion 
Throughout this chapter, Monte Carlo simulations were used to predict the 

performance of SPEM and Clear-PEM scanners with the respective optimal collimators. 
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Realistic image acquisitions were simulated taking into account a detailed description of 
the collimator, detector components and phantoms.  

The simulated results demonstrated the ability of both scanners (with the 
projected collimators) to detect photons emitted from regions above the detector heads. 
Given the low collimator sensitivity, the lowest simulated counts were obtained in all 
phantom studies performed with the Clear-PEM scanner. This, together with the high 
weight of the LYSO:Ce contamination in the overall acquired data is expected to 
significantly deteriorate the performance of this system and generate image artefacts. 

Finally, the SPRF simulation allowed us to obtain data that can be used to 
calculate a precise model of each system response. It also allowed the comparison 
between the simulated and theoretical system performance parameters. While the spatial 
resolution values were in general consistent with those obtained in the previous chapter 
using an analytical approach, the sensitivity values were lower than expected (although 
for a known reason). 

The next chapter addresses the development of the image reconstruction 
algorithm that will be used to reconstruct the simulated data obtained in the phantom 
studies. 
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C H A P T E R  
 5 

 

5 SPECT Image Reconstruction 

5.1 Introduction 
This chapter is dedicated to the development of an algorithm to reconstruct the 

simulated data acquired with the projected collimators. The objective is to obtain 
reconstructed images and prove that the proposed image setting can result in lesion 
detection with significant signal-to-noise ratios in the breast and chest wall regions. 

A brief overview of the image reconstruction theory will be presented at this 
chapter, with a special focus on the cone beam image reconstruction and its constraints. 
We will describe the implementation and the parameters used in the reconstruction 
algorithm. Finally, the images obtained for different simulated scenarios will be analysed 
and discussed. 

5.2 Image reconstruction 
The image reconstruction is a mathematical process that generates images from 

projection data acquired at many different angles around the patient. Therefore, this 
process is the inverse of the acquisition and has a fundamental impact on image quality. 
Historically, Kuhl and Edwards [158] were the first to try tomographic imaging with 
Anger’s gamma camera, and later, in the early 1970s, Muehllehner [159] started using a 
computer and a reconstruction algorithm to calculate the original distribution of the 
radiotracer in the body. Since then, many different algorithms have been developed. In 
this section, we present the image reconstruction basics and the algorithm that was used 
in this work. A full introduction to this topic can be found in the literature [160-162]. 

There are two classes of reconstruction algorithms for emission tomography 
[160]: 
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i) Analytical algorithms – are based on mathematical inversion of the 
projection operation (defined by the Radon transform), assume noiseless 
data, an ideal collimator, no attenuation and no scatter of gamma radiation. 
However, these assumptions can make the reconstruction result in an 
inaccurate representation of the true activity distribution. 

ii) Iterative algorithms – are based on iterative instead of mathematical 
inversion. Iterative algorithms allow the incorporation of accurate models of 
the acquisition process, to handle projection noise and to take into account 
the statistical variability of measured data. 
 

In the past, despite the advantages of iterative algorithms, the processing time 
required for complex reconstruction limited its application. Fortunately, with the 
development of more powerful computers, this limitation no longer exists and iterative 
algorithms have become feasible for routine clinical use [47]. 

In the iterative algorithms, the reconstruction problem is reduced to computing 
a finite number of image values from finite number of measurements. In fact, by 
discretizing the image into pixels (or voxels, considering a 3D image) and the 
correspondent projections into bins, the reconstruction problem can be represented by 
the following system of linear equations:  

 P = AF, (5.1) 

where each element fj in F is a pixel value, each element pi in P is a projection bin and 
each element aij in A (system matrix) is a weighting factor representing the contribution 
of pixel j to the number of counts in bin i. The setup of the system of equations is shown 
in Figure 5.1. 

 
The inversion of Equation (5.1) is then found by successive estimates. In each 

iteration, the algorithm compares the measured projections with the projections 
corresponding to the current estimate. The result of the comparison is used to modify the 
current estimate, thereby creating a new one [160].  

The iterative reconstruction techniques provide the flexibility to adapt to novel 
acquisition geometries and allow the incorporation of a complete system model into the 

 
Figure 5.1 – Illustration of the discretized 2D image and projection. The pixel value fj, the 
projection bin pi and the weighting factor aij are indicated. 

fj 
pi 

aij 

Image Projection 
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system matrix A. This model can include not only the geometry of the imaging system, 
as also the details of the emission process [160]. For these reasons, and the 
aforementioned advantages, an iterative algorithm was implemented in this work: the 
MLEM (Maximum Likelihood Expectation Maximization) algorithm. 

5.2.1 MLEM algorithm 

The MLEM [163] algorithm and its faster variant OSEM (Ordered Subset 
Expectation Maximization) [164] are the most frequently used iterative algorithms in 
nuclear medicine applications [165]. Like other iterative algorithms, the goal is to find the 
best image estimate. However, for the MLEM, the criterion is the maximization of the 
likelihood of the reconstructed image. The algorithm solves the system of linear equations, 
assuming Poisson noise is present in the projection data [163]. Each iteration of the 
algorithm is divided in 2 steps: the expectation step, where the formula expressing the 
likelihood of any reconstructed image given the measured data is formed, and the 
maximization step, where the image that has the greatest likelihood to produce the 
measured data is found. Assuming the same notation of Equation (5.1), these steps lead 
to the following expression: 

 fj
!!(k+1) = !!

fj
!!(k)

aij
n
i=1

!!! ! pi

aij!fj!!(k)m
j=1

aij

n

i=1
!, (5.2) 

where m and n are the total number of pixels and bins, respectively, and k is the 
iteration number.  

The MLEM algorithm can be seen as a set of successive 
projections/backprojections, which includes the following factors: 

 pi

aij!fj!!(k)m
j=1

 is the ratio of the measured number of counts to the 
current estimate of the mean number of counts in bin i. 

 
! pi

aij!fj!!(k)m
j=1

aij

n

i=1
 is the backprojection of the previous ratio for pixel j. 

 
Therefore, Equation (5.2), which is applied pixel by pixel, can be extended to 

the entire image and interpreted as [160]: 

 Image(k+1) = Image(k)×!Normalized backprojection of! Measured projections 
Projections!of!Imagek . (5.3) 

Thus, a current estimate of the image is obtained at each iteration k. The 
projections of the current estimate (fj(k)) are calculated using a system model (aij). The 
ratio between the measured projections (pi) and the projections of the current estimate is 
then used to generate an updated image, which becomes iteration k+1. The initial 
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estimate of the image is usually a constant non-zero value (for example an uniform image 
initialized to 1). Since the MLEM algorithm converges slowly, several dozens of iterations 
are usually required to obtain an accurate estimate [160]. However, as the iterative 
procedure progresses, the image estimate tends to be noisy (due to the noise in the 
projection data). The simplest method for noise regularization is to stop the iteration at 
a certain point [165]. For example, a criterion based on the signal-noise trade-off can be 
used to find the iteration that generates the best image estimate. Other methods to 
control noise can be found in the literature [162]. 

5.2.2 System matrix 

The performance of iterative algorithms depends on the modelling accuracy of 
the system matrix (aij), which establishes the connection between the unknown activity 
distribution in the object and the measured projections. In fact, the more accurate 
photon transport is modelled during iterative reconstruction the more accurate the 
reconstructed images will be, not only in terms of resolution and quantitative accuracy 
but also in terms of signal-to-noise ratio and lesion detectability [166]. 

The basis of the system matrix construction is imaging system geometry. The 
easiest approach consists in assuming an ideal collimator with infinite length and totally 
non-penetrable septa. This is the case of the analytical methods, such as ray-driven, 
pixel-driven [167] and tube-driven methods [168]. However, these methods result in a 
non-realistic modelling of the system matrix, which can lead to image errors. 

An alternative to the analytical methods is to compute the system matrix using 
Monte Carlo simulations. In this case, a full model of the equipment can be included in 
this calculation. Moreover, it allows modelling the imaging geometry and physics 
(response function, attenuation and scatter) in the system matrix, reducing the 
deterministic errors. The major drawback of Monte Carlo methods is that they are time 
consuming, which makes them difficult to use in clinical routine. 

 

 
a) 

 
b) 

Figure 5.2 – Illustration of the methods used to calculate the system matrix: (a) the ray-driven 
method and (b) Monte Carlo simulation method. 
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The Figure 5.2 shows a comparison between an analytical method, namely the 
ray-driven, and the Monte Carlo simulation method. With the ray-driven method, the 
value in each bin (that is, the ray-sum) is divided by the image pixels by which the ray 
goes through, but the division is weighted according to the ray length in each pixel. 
Whereas with Monte Carlo method, the value in each bin is divided by the image pixels 
seen from any point within the detector bin. In this case, the division is weighted 
according to the simulated response function of the detector bin. 

Therefore, the individual response functions for all detector bins contain the 
entire information to set up the system matrix of a SPECT system [166]. Hence, the 
previous simulated data (obtained in section 4.7) were used to calculate accurate system 
matrices for the SPEM and Clear-PEM scanners. 

5.2.3 Cone beam reconstruction: data sampling 

Cone beam image reconstruction is considerably more complex than that of 
parallel beam. Cone beam imaging geometry is extremely popular in X-ray CT 
(Computed Tomography) systems, and more recently in cone beam and pinhole SPECT 
collimators [162]. 

In parallel beam imaging, when the detector head rotates 360°, each projection 
ray is measured twice. The Figure 5.3 shows that two face-to-face detector heads acquire 
redundant data. Therefore, it is sufficient to acquire data over an angular range of 180°. 
Considering the reconstruction of the whole object in 3D, at least 180° angular coverage 
for each point in each object plane is required for a complete data sampling. 

 

 
Figure 5.3 – Illustration showing face-to-face detector heads, with parallel beam collimators, 
measuring the same projection ray. 

 
In cone beam imaging, it is known that a single circular orbit around the object 

yields insufficient projection data [169-171]. Hence, for exact 3D cone beam 
reconstruction, the data sufficiency condition must be taken into account. This condition, 
commonly referred as Tuy’s condition [162], can be stated as follows:  

 
“Every plane passing through the object must intersect the scanning trajectory 

of the cone beam focal point” 
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In Figure 5.4(a), the acquisition with circular orbit does not satisfy Tuy’s 
condition. If we draw a plane cutting through the object above or below the orbit plane, 
this plane will never intersect the cone beam focal point orbit. On the other hand, the 
helical and circle-and-line orbits, shown in Figure 5.4(b) and (c), satisfy Tuy’s condition 
and can be used to acquire cone beam projections for exact 3D reconstruction [165]. For 
this reason, modern X-ray CT use helical orbit to acquire projection data. 

 

 
a) 

 
b) 

 
c) 

Figure 5.4 – Schematic of the different scanning trajectories of the cone beam focal point: (a) 
Circular orbit, (b) Helical orbit and (c) Circle-and-line orbit. Tuy’s condition is analysed on each 
case. 

 
Note that insufficient data sampling is also an issue, in general, for non-

converging collimators, such as slant-hole collimators [14,172]. As in the case of the 
converging collimators (cone beam and pinhole), the circular orbit yields an insufficient 
projection data. Consequently, there is the potential for axial blurring artefacts in the 
reconstructed images. These artefacts are more prominent for source distributions located 
away from the plane formed by the circular orbit [173], as shown in Figure 5.5(b). 

 
a) 

 
b) 

Figure 5.5 – Defrise phantom reconstructed from: (a) complete projection data and (b) incomplete 
projection data, acquired with a half cone beam collimator. The axial blurring artefacts are more 
prominent in the bottom disks of the phantom, located away from the orbit plane (defined by the 
cone beam focal point).  
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Despite these artefacts, previous works have demonstrated that images with 
significant contrast and SNR can be obtained from insufficient projection data [9-12], as 
mentioned in section 2.2.4. For this reason, and as an initial approach, in this thesis the 
conventional circular orbit was used. 

5.3 Methods 

5.3.1 Image reconstruction 

The MLEM algorithm was developed and processed on MATLAB (version 
R2010b, Mathworks) running on a computer with 2 effective CPU cores (Intel® Core 
i5-2430M 2.40 GHz), 4 GB of RAM and Mac OS X (version 10.6.8) operating system. 

The data obtained from the simulations of the system response functions were 
used to calculate the system matrices. In this way, the weighting factor of each voxel (aij) 
was calculated based on the ratio between the number of emitted photons that were 
detected at bin i and the total number of counts in bin i. Note that, during the 
simulation of the system response function, the tracking in the object was only based on 
geometry. Therefore, the attenuation and scatter were not incorporated into the system 
matrix. 

Typically, the system matrix is too large to store in the computer memory. In 
this particular case, it requires dozens of GB of memory. A common approach to tackle 
this problem consists in generating one row or column at a time when this row or column 
is used in solving the system of equations. However, in this work, we used sparse matrix 
to store and manipulate the entire system matrix on the computer. This approach 
allowed faster reconstruction times since the entire system matrix is generated only once, 
instead of being calculated during each reconstruction. 

The dimensions of the reconstructed images were 170×100×100 and 
150×100×100 voxels for the SPEM and Clear-PEM scanner, respectively. In both cases, 
the image voxel size was 1×1×1 mm3. 

5.3.2 Image analysis 

The reconstructed images were saved in Interfile format and were imported for 
further analysis to AMIDE (version 1.0.0, Andy Loening). Profiles were drawn over the 
images for quantitative evaluation. For the XCAT phantom images, regions of interest 
(ROIs) were also drawn on the chest, breast background and lesions for measuring the 
image quality parameters (or figures of merit), such as contrast and noise. The values 
extracted from the ROIs were determined by locating polygonal regions entirely within 
the visual boundary of the lesion or background regions. The standard deviation and 
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mean voxel intensity values from each ROI (obtained with the AMIDE ROI statistics 
tool) were then used in the calculation of the contrast and signal-to-noise ratio (SNR). 

A general definition of contrast is that it is the ratio of the signal change of an 
object of interest (such as a lesion) relative to the signal level in surrounding parts of the 
image (the background or normal tissue). Therefore, the image contrast [156] was 
calculated as: 

 Contrast = 
Nlesion − Nbreast

Nbreast
!, (5.4) 

where N is the mean voxel intensity in the ROI over the normal breast tissue (Nbreast) or 
lesion (Nlesion). This value should be close to the simulated contrast (lesion-to-breast 
uptake ratio) to indicate a good recovery of contrast, or a high contrast recovery 
coefficient (CRC): 

 CRC = 
Image Contrast

Simulated Contrast!. (5.5) 

Since the voxel intensities in any ROI have statistical variations, the difference 
between Nlesion and Nbreast must be large compared with the standard deviation in the 
surrounding background (σbreast). This metric is referred as the signal-to-noise ratio (SNR) 
[174] and was calculated as: 

 SNR = 
Nlesion − Nbreast

!breast
!, (5.6) 

5.4 Reconstructed images from simulated data 
The simulated data of the Derenzo, Defrise and XCAT phantoms with the 

breast lesions were reconstructed. The MLEM algorithm was stopped at the 40th iteration 
for all data sets, and no filters or corrections were applied to the images. The 
reconstruction times ranged from 10 minutes (Derenzo and Defrise phantoms) to 
approximately 60 minutes (XCAT phantom). 

In the following subsections, we present the reconstructed images obtained with 
both SPEM and Clear-PEM scanners, under the following simulated conditions: circular 
scanning trajectory, radius of rotation of 5 cm, 128 step-and-shoot projections 
(2.8125°/projection), acquisition times of approximately 11 and 21 minutes (10 and 20 
seconds per projection, respectively) and energy window range between 120-160 keV. 
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5.4.1 SPEM scanner results 

Derenzo phantom 

The Figure 5.6 shows the central transverse slice of the reconstructed image of 
the Derenzo phantom, obtained at 40th iteration of MLEM algorithm. The plot on the 
right shows the profile taken over a line that crosses the centre of the 4 mm and 3 mm 
rods. The result indicates that the smallest discernable rod size is 3 mm. 

 
Defrise phantom 

The reconstructed image of the Defrise phantom is shown in Figure 5.7. The 
Defrise disks are distorted and blurred, thereby illustrating that the data sampling was 
insufficient. The plot on the right shows an axial distortion of 0.5 cm in a region located 

 
Figure 5.6 – Reconstructed image of the Derenzo phantom acquired with SPEM scanner (central 
transverse slice, 40th MLEM iteration). The plot on the right shows the profile taken along the line 
indicated on the image. 

 
Figure 5.7 –Reconstructed image of the Defrise phantom acquired with SPEM scanner (central 
transverse slice, 40th MLEM iteration). The plot on the right shows the profiles taken along two 
lines with 3 cm spacing between them. The green line crosses the centre of the phantom. The line 
profiles were used to measure the image distortion, ∆x, along the first disk of the phantom.  
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3 cm from the centre of the first disk. As expected, the image shows that the axial 
distortions and blurring artefacts are more prominent in the bottom disks of the phantom. 

 
 
XCAT phantom: Reconstructed images 

 
The Figure 5.8 shows the reconstructed central transverse slices (cranio-caudal 

view) of the XCAT phantom, obtained at different MLEM iterations. The Figure 5.9 
shows the reconstruction results obtained under the same conditions but for a longer 
acquisition time: 21 minutes. 

The breast lesion (6 mm in diameter) is clearly distinguished from the 
background region in all images of Figure 5.8 and Figure 5.9. However, the chest wall 
lesion (3 mm in diameter) is much less noticeable. The results also indicate that the 
images tend to become noisy and with artefacts as the iteration number increases. 
Despite the existence of artefacts due to the insufficient data sampling, the overall shape 
of the breast and lesions are preserved and correspond to the simulated shapes and 
dimensions of the phantom. 

 
Figure 5.8 – Reconstructed images of the XCAT breast phantom obtained from the SPEM 
simulated data (simulated acquisition time of 11 minutes, lesion to breast ratio of 6:1). The 
reconstructed images correspond to the central transverse plane (cranio-caudal view) and were 
obtained for different MLEM iterations: (a) 10 iterations; (b) 20 iterations; (c) 30 iterations and 
(d) 40 iterations. 
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Figure 5.9 – Reconstructed images of the XCAT breast phantom obtained from the SPEM 
simulated data (simulated acquisition time of 21 minutes, lesion to breast ratio of 6:1). The 
reconstructed images correspond to the central transverse plane (cranio-caudal view) and were 
obtained for different MLEM iterations: (a) 10 iterations; (b) 20 iterations; (c) 30 iterations and 
(d) 40 iterations 
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XCAT phantom: Contrast and SNR analysis 

The Figure 5.10(a) shows the ROIs that were used for measuring the image 
quality parameters at the chest wall (at green) and breast regions (at blue). The graphs 
at Figure 5.10(b) and (c) plot the lesion contrast and SNR values, respectively, at 
different MLEM iterations. 

In order to improve the visibility of the chest wall lesion and minimize the noise 
and image artefacts, a criterion based on the SNR was used to find the iterations that 
yield the best image estimates. As a convergence criterion, a variation of less than 1% in 
the values of the SNR in the remainder iterations was considered. The selected iterations 
are shown at Figure 5.10(c): 16th and 32th iterations for the acquisition times of 11 and 21 
minutes, respectively.  

The Figure 5.11 shows the previously selected image estimates (16th and 32th 
iterations) of the XCAT phantom. The plots show the profiles taken over lines that cross 
the centre of the chest wall and breast lesions. The results indicate that both lesions can 
be distinguished from the breast background region. However, due to the lower intensity 
value and higher background counts, the chest wall lesion (3 mm) is must less noticeable 
than the breast lesion (6 mm). 

 
Figure 5.10 – XCAT breast image analysis: (a) Regions of interest used to perform the analysis of 
the reconstructed images; (b) and (c) plots of the lesion contrasts and signal-to-noise ratios 
against iteration number, respectively. 
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Table 5.1 – Quality parameters of the XCAT phantom images, obtained from the SPEM 
simulated data. The contrast, signal-to-noise ratio (SNR) and contrast recovery coefficient 
(CRC) values are shown for both selected image estimates, acquired during: 11 and 21 minutes. 

Acquisition 
time (min.) Lesion Contrast SNR CRC (%) 

11 
breast 1.99 8.47 39.8 

chest wall 0.49 2.39 9.8 

21 
breast 3.83 10.11 76.6 

chest wall 1.13 3.31 22.6 

 
The Table 5.1 presents the quality parameters of the XCAT phantom images. 

The image estimate with the longer acquisition time (21 min.) presents the best contrast 

 
Figure 5.11 – Selected image estimates of the XCAT breast phantom with the chest wall (3 mm) 
and breast (6 mm) lesions, located at 4 and 3 cm in the position axis, respectively. The images at 
the left show the central transverse planes (cranio-caudal view) acquired with different acquisition 
times: (a) 11 minutes and (b) 21 minutes. The plots at the right show the profiles taken over a 
line that crosses the centre of the chest wall (green) and breast lesions (blue). 
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(3.83 and 1.13) and SNR (10.11 and 3.31) values at the breast and chest wall regions, 
respectively. The corresponding contrast recovery coefficients (CRC) are 76.6% and 
22.6%, respectively. 

5.4.2 Clear-PEM scanner results: without the LYSO:Ce 
background 

Derenzo phantom 

The Figure 5.12 shows the central transverse slice of the reconstructed image of 
the Derenzo phantom, obtained at 40th iteration of MLEM algorithm. The plot on the 
right shows the profile taken over a line that crosses the centre of the 4 mm and 3 mm 
rods. This result presents the system ability of resolving 3 mm rods. The rod shape is 
slightly worse than that obtained in Figure 5.6. 

Defrise phantom 

 
Figure 5.12 – Reconstructed image of the Derenzo phantom acquired using the Clear-PEM 
scanner with the projected collimator (central transverse slice, 40th MLEM iteration). The plot on 
the right shows the profile taken along the line indicated on the image. 

 
Figure 5.13 – Reconstructed images of the Defrise phantom acquired with the Clear-PEM scanner 
with the projected collimator (central transverse slice, 40th MLEM iteration). The plot on the 
right shows the profiles taken along two lines with 3 cm spacing between them. The green line 
crosses the centre of the phantom. The line profiles were used to measure the image distortion, 
∆x, along the first disk of the phantom. 
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Figure 5.13 shows the reconstructed image of the Defrise phantom. As in the 
previous case, the Defrise disks are distorted. However, the plot on the right shows a 
smaller axial distortion, of 0.3 cm, at the same region located 3 cm from the centre of the 
first disk. The image is much noisier than the one obtained with the SPEM scanner 
(Figure 5.7), mainly due to the lower number of detected counts (as it was shown in 
Table 4.5). 

 
 
XCAT phantom: Reconstructed images 

 
The Figure 5.14 shows the reconstructed central transverse slices (cranio-caudal 

view) of the XCAT phantom, obtained at different MLEM iterations. The Figure 5.15 
presents the reconstruction results obtained under the same conditions but for a longer 
acquisition time: 21 minutes. 

The visual inspection of the images in Figure 5.14 shows that the lesions cannot 
be distinguished from the breast background regions. Both lesions are only visible in the 
images of Figure 5.15. For this reason, only these images were analysed. However, it 

 
Figure 5.14 – Reconstructed images of the XCAT breast phantom obtained from the Clear-PEM 
simulated data (simulated acquisition time of 11 minutes, lesion to breast ratio of 6:1). The 
reconstructed images correspond to the central transverse plane (cranio-caudal view) and were 
obtained for different MLEM iterations: (a) 10 iterations; (b) 20 iterations; (c) 30 iterations and 
(d) 40 iterations. 
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should be noted that the images in Figure 5.15 are much noisier than those obtained 
with the SPEM scanner (for the same acquisition time of 21 minutes) and with intense 
artefacts, which difficult the lesion detection. 

 

 
XCAT phantom: Contrast and SNR analysis 

 
The Figure 5.16(a) shows the ROIs that were used for measuring the image 

quality parameters at the chest wall (at green) and breast regions (at blue). The graphs 
at Figure 5.16(b) and (c) plot the lesion contrast and SNR values, respectively, at 
different MLEM iterations (only for the acquisition time of 21 minutes). 

The previous criterion, based on the SNR convergence, was used to find the 
iteration that yields the best image estimate. Therefore, the 33th iteration was selected, as 
shown at Figure 5.16(c). The respective image is shown at Figure 5.17, together with the 
profiles taken over lines that cross the centre of the lesions. The profiles show 4 peaks: 
the first two correspond to the breast and chest wall lesions (located at 3 and 4 cm in the 
position axis), respectively, and the other two correspond to intense image artefacts. 

 
Figure 5.15 – Reconstructed images of the XCAT breast phantom obtained from the Clear-PEM 
simulated data (simulated acquisition time of 21 minutes, lesion to breast ratio of 6:1). The 
reconstructed images correspond to the central transverse plane (cranio-caudal view) and were 
obtained for different MLEM iterations: (a) 10 iterations; (b) 20 iterations; (c) 30 iterations and 
(d) 40 iterations. 
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Figure 5.16 – Breast image analysis: (a) Regions of interest used to perform the analysis of the 
XCAT breast phantom reconstructed images; (b) and (c) plots of the lesion contrasts and signal-
to-noise ratios against iteration number, respectively. 

 
Figure 5.17 – Central transverse plane (cranio-caudal view) of the reconstructed images of the 
XCAT breast phantom with the chest wall (3 mm) and breast (6 mm) lesions. The plot at the 
right shows the profiles taken over a line that crosses the centre of the chest wall (blue) and 
breast lesions (green). 
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Table 5.2 – Quality parameters of the XCAT phantom images, obtained from the Clear-PEM 
simulated data. The contrast, signal-to-noise ratio (SNR) and contrast recovery coefficient 
(CRC) values are shown for the selected image estimate, acquired during 21 minutes. 

Acquisition 
time (min.) Lesion Contrast SNR CRC (%) 

21 
breast 3.98 5.84 79.6 

chest wall 2.29 3.52 45.8 

 
The Table 5.2 presents the quality parameters of the XCAT phantom images. 

As in the previous case, the quality parameter values are higher for the breast than the 
chest wall region. 

These results and those obtained with the SPEM scanner will be discussed on 
the next section. 

5.4.3 Discussion 

The data obtained on each different simulated scenario were reconstructed and 
analysed. In general, the SPEM scanner provided better images with less noise and 
artefacts than those obtained using the Clear-PEM scanner with the projected collimator. 

The results obtained with the Clear-PEM scanner were affected by the low 
sensitivity and incomplete FOV coverage of the collimator. As we have seen in the 
previous chapter, the large gaps between the active areas of the detector result in an 
incomplete FOV coverage. In fact, due to these gaps, some object regions are not covered 
or detected by any collimator hole. Therefore, reconstructed images reflect the existence 
of such regions. These artefacts affected the image uniformity, and were mainly visible in 
the Defrise and XCAT phantom images. For this reason, the images were noisier (low 
SNR) and with spot-artefacts that could easily be confused with lesions (as shown in the 
image of the XCAT phantom at Figure 5.17). 

The results also showed image distortion and axial blurring artefacts due to 
insufficient cone beam data sampling. These distortions were observed in the Defrise 
phantom images and were more prominent on the planes farther away from the focal 
point. These planes are located in regions seen by the collimator holes with higher 
incidence angles. Therefore, since the minimum incidence angle of the collimator for the 
SPEM scanner (12.26°) is higher than the one in the Clear-PEM collimator (7.80°), larger 
distortions were obtained in the first case. The image distortions, ∆x, measured along the 
first disk of the Defrise phantom were 0.5 and 0.3 cm for the SPEM and Clear-PEM 
scanners, respectively. 

As we have seen (in subsections 3.6.3 and 4.6.3), a collimator with smaller 
incidence angles also means less exposure to torso background interference, particularly 
in the chest wall region. Therefore, the best contrast in the chest wall region was 
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obtained with the Clear-PEM scanner (2.29 against 1.13 obtained with the SPEM 
scanner for the same acquisition time of 21 minutes). 

Despite the previous differences, both scanners obtained similar contrast values 
for the breast lesion (6 mm). In addition, the maximum achieved resolution was 
approximately 3 mm for both imaging systems, as shown by the Derenzo images of 
Figure 5.6 and Figure 5.12. 

5.5 Conclusion 
In this chapter, a MLEM algorithm was implemented and used to reconstruct 

the data obtained with the collimators projected for the SPEM and Clear-PEM scanners. 
The simulated data of the system response function were used to calculate accurate 
system matrices, in order to reduce determinist errors in the reconstructed images. 

Although the sufficient data sampling condition (Tuy’s condition for exact 3D 
cone beam reconstruction) was not satisfied on the acquisition, the obtained images 
demonstrated the feasibility of the proposed imaging setting in detecting small breast 
lesions. Both 3 mm and 6 mm lesions were detected with significant contrast and SNR 
ratios in the chest wall and breast regions, respectively. 

In overall, the best image quality was obtained in the studies performed with 
the SPEM scanner. 
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C H A P T E R  
 6 

 

6 Main Conclusions and Future Work 

6.1 Conclusion 
This work aimed at developing a simpler and more efficient solution to 

overcome the limitation of the breast-specific radionuclide imagers in detecting lesions 
within the chest wall region. As presented in subsection 2.2.4 of this thesis, several 
approaches have been reported and developed over the last years [9-14]. Most of these 
approaches use conventional collimators that are coupled to scanners with tiltable heads 
and oriented toward the torso, resulting in a high exposure to the radiotracer uptake in 
the heart and liver. Herein, we proposed a solution based on the cone beam collimation 
geometry, whose holes are angled toward the breast and chest regions. This approach is 
simpler compared to the state of the art approaches, since it does not require the use of 
tiltable detector heads to image the chest wall region. Furthermore, since the collimators 
and detector heads are placed face-to-face, the camera exposure to torso activity is 
reduced (as shown in Figure 3.21). It was also shown that the cone beam collimation 
provides the best trade-off between sensitivity and resolution, and better performance for 
imaging objects at close distances with standard SPEM scanners. 

Finally, the obtained results demonstrated the feasibility of the solution for 
detecting 3 mm lesions, which is half the diameter of the smallest spherical lesion (6 mm) 
detected in the previous documented approaches [9-14]. 

Throughout this work, we obtained several results that will now be reviewed 
using main topics divided according to each of the chapters contained in the Part II of 
the thesis (namely the chapters 3, 4 and 5). 
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6.1.1 Projection and collimator optimization 

The chapter 3 of this thesis presented several studies that were performed in 
order to develop and optimize the collimator design. 

After analysing several collimation geometries we concluded that the cone beam 
collimation is the more advantageous one in terms of resolution and sensitivity for 
imaging a medium sized breast with a standard dual-head SPEM scanner. In this study 
the pinhole collimation was also considered as a valid option. However, the cone beam 
collimation was chosen based on the selection criterion proposed by G.L. Zeng [112] and 
the simplicity of the design. The cone beam collimator was projected with a matched 
design (each collimator hole directly aligns with each detector element) and tapered holes 
for improved efficiency and uniform spatial resolution, respectively. 

In order to find the collimator dimensions that provide the maximum sensitivity 
for the required spatial resolution of ~3 mm, we developed an optimization method for 
convergent collimators. The optimal collimator dimensions were locally calculated based 
on the premise that each hole and septa of the convergent collimator should locally 
resemble an appropriate optimal parallel hole collimator. This basic premise was 
proposed by Gunter [120] for the optimal design of non-parallel hole collimators, and was 
adapted to our matched cone beam geometry. Therefore, an important constraint was 
applied to the hole dimensions so that holes of the optimal matched collimator would 
align with pixels of the detector. In addition, two other constraints were also applied in 
order to maintain an acceptable septal penetration and a collimator resolution value 
below the desired one. Taking these factors into account, an optimization algorithm was 
developed and used to locally calculate each optimal hole dimension. It was found that 
the optimal hole dimensions were constant throughout the collimator for different 
incidence angles (see subsection 3.5.2), which simplifies not only the projection as the 
manufacturing of this kind of optimal collimators. Furthermore, the results (at Table 3.2) 
demonstrated that the optimal sensitivity and performance in imaging objects close to 
the collimator surface were better for the cone beam geometry than for the other 
analysed geometries. These findings highlight the potential of this kind of collimators for 
use in small FOV applications (such as imaging the breast, brain, heart and small or 
medium-sized animals). 

The optimization algorithm allowed us to project optimal collimators for a 
generic SPEM imager and the Clear-PEM scanner. The collimators were optimized to 
image the entire breast volume and chest wall region, reaching a maximum region of 2 
cm above the detector heads. The focal point of the cone beam collimators was shifted in 
the axial direction, for including the chest into the FOV, resulting in an offset cone beam 
geometry. The input parameters used in collimator optimization were equal for both 
cases. However, given the existence of hardware components in front the Clear-PEM 
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detectors, the collimator was placed 3.2 cm way from the detector elements. As we have 
seen (at section 3.4.6), under such conditions the spatial resolution is degraded due to the 
multiplexing effect. Therefore, this effect was analysed and taken into account in the 
optimization algorithm. As a result, for the same spatial resolution of ~3 mm, the 
optimal sensitivity of the collimator projected for the Clear-PEM scanner was much 
lower than the one in the SPEM collimator. Moreover, it was not within the sensitivity 
range that is typical for clinical SPECT collimators (0.01-0.03%) [15]. 

It is important to note that both collimators were projected to image a medium 
sized breast using breast-specific imagers with a standard detector surface area. The 
results might be different for larger or smaller breast volumes. 

Finally, it should be mentioned that the research presented in chapter 3 
describes a necessary step in the full optimization study, since the collimator and 
reconstruction parameters need to be jointly optimized in order to obtain the best 
possible performance in detection and activity-estimation tasks [125]. Therefore, the 
optimization algorithm developed in this thesis can be used to obtain the collimator 
design with maximum sensitivity in future task-based optimization studies. 

6.1.2 Monte Carlo simulations 

The chapter 4 of this thesis presented the simulation studies that were carried 
out to predict the performance of SPEM and Clear-PEM scanners with the respective 
projected collimators. 

The simulation macros were developed using the GATE simulation toolkit 
[136,137]. A detailed and accurate description of the collimators, detector components, 
phantoms and acquisition conditions was taken into account in order to obtain realistic 
simulated data. 

The scanners were simulated using three different phantoms: the Derenzo, 
Defrise and XCAT phantoms. The Derenzo and Defrise phantoms were used to evaluate 
the spatial resolution and the axial blurring, respectively, over the entire FOV of both 
systems (including the 2 cm region above the detector heads). The XCAT phantom was 
used to simulate a real clinical exam. We simulated a typical Tc-99m-sestamibi uptake 
distribution found in patient studies (the injected activity was 1000 MBq, as shown in 
subsection 4.5.3). A 3 mm lesion was placed in the chest wall in order to evaluate the 
ability of both SPEM and Clear-PEM scanners, together with the proposed collimators, 
to detect small lesions in this region. 

The results showed that the scanners performed differently, although they were 
simulated using the same scenarios and conditions. It was found that the challenges 
involved in the adaptation of the Clear-PEM to SPECT acquisitions (subsection 2.4.2) 
had a serious impact on the system performance: 
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i) Difficulty in approaching the collimator to the detector elements – for this 
this reason, the collimator was projected with a poor sensitivity and the 
lowest simulated counts were obtained in all phantom studies performed 
with the Clear-PEM scanner; 

ii) LYSO:Ce background activity – which resulted in the signal 
contamination during the image acquisitions; 

iii) Low energy resolution – therefore, the ability to remove scattered events 
and also the spontaneous LYSO:Ce radiation from the image data was 
reduced. 

Given the previous factors, a low ratio between signal and noise was obtained in 
the simulated projection data. The results (in Table 4.6) showed that the simulated 
phantom count rates were lower than the LYSO:Ce background count rate, which 
compromised the ability of the Clear-PEM system to provide meaningful images of the 
phantoms. Despite of this, some studies have demonstrated the feasibility of using LYSO 
based cameras for single photon image applications [95,96] (as mentioned at section 2.4). 
Therefore, further research is required to perform an accurate evaluation of the factors 
affecting the Clear-PEM acquisitions with the proposed collimator. One can mention 
some important points that could improve the results obtained in this thesis: 

• A stricter energy window could be used to minimize the LYSO:Ce data 
contamination [94]; 

• Another way of reducing the effects of LYSO:Ce intrinsic activity would 
be to increase the collimator sensitivity. This would allow obtaining higher 
phantom count rates. However, it can only be achieved by projecting a 
collimator with a worse spatial resolution; 

• Background subtraction methods could also be used to remove the signal 
contamination caused by LYSO:Ce activity [94]. 

Finally, the system response function (SPRF) was simulated for both scanners. 
The objective of these simulations was to measure the performance parameters and 
generate a precise model of each system response (system matrix) to be incorporated into 
the reconstruction algorithm. The results showed that the spatial resolution values were 
consistent with those obtained in chapter 3 using an analytical approach. However, the 
sensitivity values were 18.8% and 63.6% lower than expected, for the SPEM and Clear-
PEM scanner, respectively. This was due to the fact that the analytical methods assumed 
that all photons passing through the collimator were detected. While the simulation 
method considered the effects of the particles interactions with detector components, 
orientation between the collimator holes and the crystals and the real spacing (gaps) 
between them. As it was shown in Figure 4.4, the spacing between the detector crystals 
of the Clear-PEM scanner ranges from 0.3 to 4.5 mm, while the analytical methods 
assumed a uniform spacing of 0.3 mm. This together with the presence of components 
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(cooling plates and electronic boards) in the front of the crystals had a significant effect 
in the reduction of the Clear-PEM system sensitivity. Therefore, the larger difference 
between analytical and simulated values was obtained in this case. 

6.1.3 SPECT image reconstruction 

The chapter 5 of this thesis presented the image reconstruction studies that 
were performed to prove the feasibility of the proposed image setting. 

The reconstruction algorithm was developed using a straightforward 
implementation of the MLEM algorithm. A faster implementation, for example the 
OSEM algorithm, could have been used to accelerate the reconstruction times by, at 
least, one order of magnitude (depending on the number of subsets created from the 
simulated projections). However, it is not always given that OSEM methods will 
converge in the same way as MLEM [166]. Moreover, the way to optimally implement 
such block-iterative algorithm for a system with the proposed cone-beam collimators is a 
topic of investigation itself. Therefore, we chose to implement a “clean” MLEM algorithm 
to reconstruct the images presented in this work. 

The system matrices were determined through Monte Carlo simulation methods 
as opposed to, for example, analytical methods. Therefore, most geometrical and physical 
effects that influence detection were automatically taken into account. In fact, in all 
works where the system response was included in the reconstruction process, the authors 
declared improved resolution and noise characteristics of the reconstructed images [167]. 
It is important to note that the effects of object attenuation and scatter were not 
incorporated into the system matrices. However, these effects are much less severe in 
breast imaging than in full body imaging [166]. As a closing remark about the Monte 
Carlo method, it should be noted that the development of faster computers together with 
the release of Monte Carlo codes that use parallel processing could pave the way for its 
widespread use in system matrix calculation.  

The image reconstruction algorithm allowed us to reconstruct the simulated 
data acquired with the projected collimators. The images of the Derenzo, Defrise and 
XCAT phantoms were reconstructed and analysed. For the Clear-PEM scanner, we 
reconstructed only the simulated data without the presence of the LYSO:Ce background. 

The Derenzo phantom images showed the maximum achievable resolution of 
each imaging system. In both cases, the 3 mm rods were clearly resolved. 

The Defrise phantom images showed axial blurring artefacts and image 
elongation (slice-to-slice crosstalk) due to insufficient cone beam data acquisition. As 
mentioned in subsection 5.2.3, the circular acquisition orbit generates insufficient 
projection data. Therefore, only the transverse planes closest to the focal point of the 
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collimator were accurately reconstructed. The image planes farther away from the focal 
point, on the bottom of the image, were distorted in appearance. 

The quality of the XCAT phantom images was estimated by the contrast, 
contrast recover coefficient (CRC) and signal-to-noise ratio (SNR), as well as by the 
visual inspection of the artefacts. In general, the images obtained with the Clear-PEM 
were noisier and with spot-artefacts, due to the previously discussed factors that affected 
the system performance. Nevertheless, it was found that both scanners were able to 
detect the 3 mm and 6 mm lesions (in the chest wall and breast regions, respectively) 
with significant contrast and SNR ratios. It remains to be seen, however, if acquisitions 
longer than ~21 minutes or different relative uptake ratios improves the detectability of 
such small lesions. Due to the constraints imposed by the Monte Carlo simulation time, 
no further studies were performed.  

It is important to mention that, in this work, the tumour to breast uptake ratio 
was set according to the reported clinical values (which is, on average, 6:1 [40]). However, 
it was found a clinical study claiming that the tumour to breast ratio of Tc-99m may be 
much greater than previously reported, on the order of 20:1 [175]. If more studies were to 
confirm this higher tumour uptake ratio, it should further enhance the ability to detect 
small lesions, and therefore, improve the results obtained in this thesis. Additionally, the 
development of more specific radiopharmaceuticals for imaging breast cancer is also 
important in this context. 

We used a criterion based on the SNR to find the MLEM iteration that yields 
the best image estimation. As a convergence criterion, a variation of less than 1% in the 
values of the SNR in the remainder iterations was considered. However, such 
measurements are not straightforward in iterative reconstruction, since the image 
parameters are dependent on not only the reconstruction (e.g. iteration number, 
complexity of reconstruction) but also the activity distribution being imaged [47]. 
Therefore, this topic needs further evaluation. 

6.2 Concluding Remarks 
The image setting presented in this thesis provides enhanced diagnostic 

information by imaging not only the breast but also the chest wall region. 
The proposed optimal cone beam collimators constitute a step forward with 

respect to state-of-the-art, enabling a better trade-off between sensitivity and spatial 
resolution, and improved performance in imaging objects at close distances. The potential 
of this collimation for use in small FOV applications has been recently acknowledged 
[176]. 
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6.3 Main goals achieved 
This section provides an overview of the main goals achieved in this thesis: 
• Study of the appropriate collimation geometry to image the breast and chest 

wall region with the conventional SPEM systems (section 3.3), 
• Development of a method to optimize the collimator dimensions of 

convergent collimators for pixelated systems (section 3.5); 
• Projection of optimal collimators for use in small FOV imaging applications 

(subsection 3.5.4); 
• Development of analytical formulas to calculate: the minimum distance zmin 

of the convergent collimators (subsection 3.4.4), the mass of fan and cone 
beam collimators (subsection 3.4.5), the spatial resolution for the collimator 
designs with multiplexing (section 3.4.6) and the average sensitivity of a 
offset cone beam collimator (subsection 3.6.1). 

• Projection of optimal collimators to detect small breast lesions (~3 mm), 
which were adapted to the SPEM and the Clear-PEM scanner characteristics 
(section 3.6); 

• Development of detailed simulation models (using GATE toolkit) for both 
SPEM and Clear-PEM systems (sections 4.3 and 4.4). 

• Development of a code that automatically creates the scripts, with GATE 
macro language, for modelling cone beam collimators with tapered holes 
(subsection 4.3.2). 

• Simulation of both scanners in a real clinical scenario using the XCAT 
phantom (phantom description at subsection 4.5.3). 

• Simulation of the response function of both scanners (section 4.7). 
• Implementation of a reconstruction algorithm (MLEM), for the innovative 

collimation geometry proposed in this work (section 5.3). 
• Calculation of the system matrix based on the simulated data of the system 

response function (section 5.3). 

6.4 Future Work 
Further research should be conducted on topics such as: 
• Perform task-based optimization studies (joint optimization of the collimator 

and reconstruction parameters). 
• Research acquisition orbits that allow minimizing both incomplete sampling 

artefacts and signal degrading effects from torso activity. Or alternatively, 
study the feasibility of using algorithms for correcting the sampling artefacts. 
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• Evaluate the influence of different simulation parameters, such as: tumour to 
breast uptake ratios, acquisition times, energy window and energy resolution. 

• Research the best convergence criterion and other parameters affecting the 
image quality (voxel size, photon attenuation and scatter correction). 

• For the specific case of the Clear-PEM: perform an accurate evaluation of the 
LYSO:Ce effect on the acquired data and study the feasibility of the 
solutions mentioned at subsection 6.1.2 (stricter energy window, improve the 
collimator sensitivity, use LYSO background subtraction methods). 

 

 



 

 
  Single Photon Emission Mammography with Convergent Collimators 133 

Bibliography 

 
[1] R. L. Siegel, K. D. Miller, and A. Jemal, “Cancer statistics, 2015,” CA: a cancer journal for 

clinicians, vol. 65, no. 1, pp. 5-29, Jan-Feb, 2015. 

[2] A. Karellas, and S. Vedantham, “Breast cancer imaging: a perspective for the next decade,” 
Medical Physics, vol. 35, no. 11, pp. 4878-97, Nov, 2008. 

[3] N. Calonge, “Screening for Breast Cancer: U. S. Preventive Services Task Force 
Recommendation Statement (vol 151, pg 716, 2009),” Annals of Internal Medicine, vol. 152, no. 
10, pp. 688-688, May 18, 2010. 

[4] N. F. Boyd, H. Guo, L. J. Martin, L. Sun, J. Stone, E. Fishell, R. A. Jong, G. Hislop et al., 
“Mammographic density and the risk and detection of breast cancer,” The New England journal 
of medicine, vol. 356, no. 3, pp. 227-36, Jan 18, 2007. 

[5] F. Benard, and E. Turcotte, “Imaging in breast cancer: Single-photon computed tomography and 
positron-emission tomography,” Breast Cancer Res, vol. 7, no. 4, pp. 153-162, Jan 1, 2005. 

[6] C. B. Hruska, and M. K. O'connor, “Nuclear imaging of the breast: Translating achievements in 
instrumentation into clinical use,” Medical Physics, vol. 40, no. 5, May, 2013. 

[7] M. Abreu, P. Almeida, F. Balau, N. Ferreira, S. Fetal, F. Fraga, M. Martins, N. Matela et al., 
“Clear-PEM: A dedicated pet camera for improved breast cancer detection,” Radiation 
Protection Dosimetry, vol. 116, no. 1-4, pp. 208-210, Jan 1, 2005. 

[8] K. L. Perez, S. J. Cutler, P. Madhav, and M. P. Tornai, “Characterizing the contribution of 
cardiac and hepatic uptake in dedicated breast SPECT using tilted trajectories,” Phys Med Biol, 
vol. 55, no. 16, pp. 4721-4734, Jan 1, 2010. 

[9] B. Pieper, J. Bowsher, M. Tornai, J. Peter, K. Greer, and R. JASZCZAK, “Breast tumor imaging 
using a tiltable head SPECT camera,” Ieee T Nucl Sci, vol. 48, no. 4, pp. 1477-1482, Jan 1, 2001. 

[10] M. Tornai, J. Bowsher, R. Jaszczak, B. Pieper, K. Greer, P. Hardenbergh, and R. Coleman, 
“Mammotomography with pinhole incomplete circular orbit SPECT,” Journal of Nuclear 
Medicine, vol. 44, no. 4, pp. 583-593, Jan 1, 2003. 

[11] J. Xu, C. Liu, Y. Wang, E. C. Frey, and B. A. W. Tsui, “Quantitative rotating multisegment 
slant-hole SPECT mammography with attenuation and collimator-detector response 
compensation,” Ieee T Med Imaging, vol. 26, no. 7, pp. 906-916, Jan 1, 2007. 



Bibliography 
 

 
 134 R. Capote  

[12] M. P. Tornai, J. E. Bowsher, C. N. Archer, J. r. Peter, R. J. Jaszczak, L. R. MacDonald, B. E. 
Patt, and J. S. Iwanczyk, “A 3D gantry single photon emission tomograph with hemispherical 
coverage for dedicated breast imaging,” Nuclear Instruments and Methods in Physics Research 
Section A: Accelerators, Spectrometers, Detectors and Associated Equipment, vol. 497, no. 1, pp. 
157-167, 2003. 

[13] W. Baird, E. Frey, B. Tsui, Y. Wang, and D. Wessell, “Evaluation of rotating slant-hole SPECT 
mammography using Monte Carlo simulation methods,” Ieee T Nucl Sci, vol. 50, no. 1, pp. 105-
109, Jan 1, 2003. 

[14] C. Liu, B. Tsui, W. Baird, J. Xu, Y. Wang, and E. Frey, "Evaluation of rotating slant hole 
SPECT mammography with respect to planar scintimammography using Monte Carlo simulation 
methods." pp. 4063 -4067. 

[15] D. Rowland, and S. Cherry, “Small-Animal Preclinical Nuclear Medicine Instrumentation and 
Methodology,” Seminars in Nuclear Medicine, vol. 38, no. 3, pp. 209-222, May 1, 2008. 

[16] M. H. Forouzanfar, K. J. Foreman, A. M. Delossantos, R. Lozano, A. D. Lopez, C. J. L. Murray, 
and M. Naghavi, “Breast and cervical cancer in 187 countries between 1980 and 2010: a 
systematic analysis,” Lancet, Sep 14, 2011. 

[17] R. Siegel, D. Naishadham, and A. Jemal, “Cancer statistics, 2013,” Ca-a Cancer Journal for 
Clinicians, vol. 63, no. 1, pp. 11-30, Jan-Feb, 2013. 

[18] D. E. Henson, and L. A. Ries, “Progress in early breast cancer detection,” Cancer, vol. 65, no. 9 
Suppl, pp. 2155-8, May 1, 1990. 

[19] National Cancer Institute, 2013; http://www.cancer.gov. 

[20] G. Madeddu, and A. Spanu, “Use of tomographic nuclear medicine procedures, SPECT and 
pinhole SPECT, with cationic lipophilic radiotracers for the evaluation of axillary lymph node 
status in breast cancer patients,” Eur J Nucl Med Mol Imaging, vol. 31, pp. S23-S34, Jan 1, 2004. 

[21] P. A. Carney, D. L. Miglioretti, B. C. Yankaskas, K. Kerlikowske, R. Rosenberg, C. M. Rutter, 
B. M. Geller, L. A. Abraham et al., “Individual and combined effects of age, breast density, and 
hormone replacement therapy use on the accuracy of screening mammography,” Annals of 
Internal Medicine, vol. 138, no. 3, pp. 168-75, Feb 4, 2003. 

[22] A. L. Weinmann, C. B. Hruska, and M. K. O’Connor, “Design of optimal collimation for 
dedicated molecular breast imaging systems,” Med. Phys., vol. 36, no. 3, pp. 845-857, Jan 1, 
2009. 

[23] C. Dromain, C. Balleyguier, G. Adler, J. R. Garbay, and S. Delaloge, “Contrast-enhanced digital 
mammography,” European journal of radiology, vol. 69, no. 1, pp. 34-42, Jan, 2009. 

[24] E. Bombardieri, G. Bonadonna, and L. Gianni, "New Trends of MRI in Breast Cancer 
Diagnosis," Breast Cancer: Nuclear Medicine in Diagnosis and Therapeutic Options: Springer, 
2007. 

[25] C. D. Lehman, J. D. Blume, P. Weatherall, D. Thickman, N. Hylton, E. Warner, E. Pisano, S. J. 
Schmitt et al., “Screening women at high risk for breast cancer with mammography and 
magnetic resonance imaging,” Cancer, vol. 103, no. 9, pp. 1898-1905, May 1, 2005. 



Bibliography 
 

 
  Single Photon Emission Mammography with Convergent Collimators 135 

[26] N. H. Peters, I. H. Borel Rinkes, N. P. Zuithoff, W. P. Mali, K. G. Moons, and P. H. Peeters, 
“Meta-analysis of MR imaging in the diagnosis of breast lesions,” Radiology, vol. 246, no. 1, pp. 
116-24, Jan, 2008. 

[27] F. Giammarile, and A. Bremond, “Diagnostic of breast cancer: what do clinicians expect from 
PEM?,” Nuclear Instruments & Methods in Physics Research Section a-Accelerators 
Spectrometers Detectors and Associated Equipment, vol. 527, no. 1-2, pp. 83-86, Jul 11, 2004. 

[28] J. A. Baker, and M. S. Soo, “Breast US: Assessment of technical quality and image 
interpretation,” Radiology, vol. 223, no. 1, pp. 229-238, Apr, 2002. 

[29] J. A. Harvey, M. C. Mahoney, M. S. Newell, L. Bailey, L. D. Barke, C. D'Orsi, M. K. Hayes, P. 
M. Jokich et al., “ACR Appropriateness Criteria Palpable Breast Masses,” Journal of the 
American College of Radiology : JACR, vol. 10, no. 10, pp. 742-749 e3, Oct, 2013. 

[30] T. M. Kolb, J. Lichy, and J. H. Newhouse, “Comparison of the performance of screening 
mammography, physical examination, and breast US and evaluation of factors that influence 
them: An analysis of 27,825 patient evaluations,” Radiology, vol. 225, no. 1, pp. 165-175, Oct, 
2002. 

[31] A. Athanasiou, A. Tardivon, L. Ollivier, F. Thibault, C. El Khoury, and S. Neuenschwander, 
“How to optimize breast ultrasound,” European journal of radiology, vol. 69, no. 1, pp. 6-13, 
Jan, 2009. 

[32] A. M. Fowler, “A molecular approach to breast imaging,” Journal of nuclear medicine : official 
publication, Society of Nuclear Medicine, vol. 55, no. 2, pp. 177-80, Feb, 2014. 

[33] C. Levin, "Application-Specific Small Field-of-View Nuclear Emission Imagers in Medicine," 
Emission tomography: The fundamentals of PET and SPECT, M. N. Wernick and J. N. Aarsvold, 
eds., pp. 293-334: Elsevier Academic Press, 2004. 

[34] L. T. Niklason, B. T. Christian, L. E. Niklason, D. B. Kopans, D. E. Castleberry, B. H. 
OpsahlOng, C. E. Landberg, P. J. Slanetz et al., “Digital Tomosynthesis in breast imaging,” 
Radiology, vol. 205, no. 2, pp. 399-406, Nov, 1997. 

[35] J. M. Boone, T. R. Nelson, K. K. Lindfors, and J. A. Seibert, “Dedicated breast CT: Radiation 
dose and image quality evaluation,” Radiology, vol. 221, no. 3, pp. 657-667, Dec, 2001. 

[36] S. Srinivasan, B. W. Pogue, B. Brooksby, S. Jiang, H. Dehghani, C. Kogel, W. A. Wells, S. P. 
Poplack, and K. D. Paulsen, “Near-infrared characterization of breast tumors in vivo using 
spectrally-constrained reconstruction,” Technology in cancer research & treatment, vol. 4, no. 5, 
pp. 513-26, Oct, 2005. 

[37] E. C. Fear, “Microwave imaging of the breast,” Technology in cancer research & treatment, vol. 
4, no. 1, pp. 69-82, Feb, 2005. 

[38] R. J. Brenner, and Y. Parisky, “Alternative breast-imaging approaches,” Radiologic clinics of 
North America, vol. 45, no. 5, pp. 907-23, viii, Sep, 2007. 

[39] R. Taillefer, “The role of 99mTc-sestamibi and other conventional radiopharmaceuticals in 
breast cancer diagnosis,” Seminars in Nuclear Medicine, vol. 29, no. 1, pp. 16-40, Jan, 1999. 



Bibliography 
 

 
 136 R. Capote  

[40] J. Maublant, M. deLatour, D. Mestas, A. Clemenson, S. Charrier, V. Feillel, G. LeBouedec, P. 
Kaufmann et al., “Technetium-99m-sestamibi uptake in breast tumor and associated lymph 
nodes,” Journal of Nuclear Medicine, vol. 37, no. 6, pp. 922-925, Jan 1, 1996. 

[41] P. F. Rambaldi, L. Mansi, E. Procaccini, F. Di Gregorio, and E. Del Vecchio, “Breast cancer 
detection with Tc-99m tetrofosmin,” Clinical Nuclear Medicine, vol. 20, no. 8, pp. 703-5, Aug, 
1995. 

[42] I. Khalkhali, J. K. Baum, J. Villanueva-Meyer, S. L. Edell, L. G. Hanelin, C. E. Lugo, R. 
Taillefer, L. M. Freeman et al., “(99m)Tc sestamibi breast imaging for the examination of 
patients with dense and fatty breasts: multicenter study,” Radiology, vol. 222, no. 1, pp. 149-55, 
Jan, 2002. 

[43] G. L. Zeng, "Single-Photon Emission Computed Tomography," Emission tomography: the 
fundamentals of PET and SPECT, M. N. Wernick and J. N. Aarsvold, eds., pp. 127-152: Elsevier 
Academic Press, 2004. 

[44] D. L. Gunter, "Collimator characteristics and design," Nuclear Medicine, R. E. Henkin, D. Bova, 
G. L. Dillehay et al., eds., pp. 96–124, St. Louis: Mosby, 1996. 

[45] H. O. Anger, “Use of a Gamma-Ray Pinhole Camera for Invivo Studies,” Nature, vol. 170, no. 
4318, pp. 200-201, 1952. 

[46] T. E. Peterson, and L. R. Furenlid, “SPECT detectors: the Anger Camera and beyond,” Physics 
in Medicine and Biology, vol. 56, no. 17, pp. R145-R182, Sep 7, 2011. 

[47] B. F. Hutton, “New SPECT technology: potential and challenges,” Eur J Nucl Med Mol Imaging, 
vol. 37, no. 10, pp. 1883-1886, Oct 20, 2010. 

[48] M. O'Connor, D. Rhodes, and C. Hruska, “Molecular breast imaging,” Expert review of 
anticancer therapy, vol. 9, no. 8, pp. 1073-80, Aug, 2009. 

[49] R. A. Powsner, and E. R. Powsner, "Nonimaging scintillation detectors," Essentials of Nuclear 
Medicine Physics, pp. 52-64: Wiley, 1998. 

[50] W. E. Barnes, "Basic Physics of Nuclear Medicine," Nuclear Medicine, R. E. Henkin, D. Bova, 
G. L. Dillehay et al., eds., pp. 45–67, St. Louis: Mosby, 1996. 

[51] H. O. Anger, “Scintillation Camera with Multichannel Collimators,” J. Nucl. Med., vol. 5, no. 7, 
pp. 515-531, Jan 1, 1964. 

[52] G. Gullberg, G. Zeng, F. Datz, P. Christian, C. Tung, and H. Morgan, “Review of convergent 
beam tomography in single photon emission computed tomography,” Phys. Med. Biol., vol. 37, 
no. 3, pp. 507-534, Jan 1, 1992. 

[53] P. Berthout, J. Cardot, R. Faivre, Y. Bernard, M. Baud, A. Jouan, J. Verdenet, J. Bassand et al., 
“Compasison between vertical parallel hole collimator and 30-degrees rotating slant hole 
collimator for assessing global and regional left-ventricular function by radionuclide 
angiography,” Eur J Nucl Med, vol. 14, no. 3, pp. 120-124, Jan 1, 1988. 



Bibliography 
 

 
  Single Photon Emission Mammography with Convergent Collimators 137 

[54] F. Beekman, and F. van der Have, “The pinhole: gateway to ultra-high-resolution three-
dimensional radionuclide imaging,” European Journal of Nuclear Medicine and Molecular 
Imaging, vol. 34, no. 2, pp. 151-61, Feb, 2007. 

[55] S. D. Metzler, R. Accorsi, J. R. Novak, A. S. Ayan, and R. J. Jaszczak, “On-axis sensitivity and 
resolution of a slit-slat collimator,” Journal of Nuclear Medicine, vol. 47, no. 11, pp. 1884-1890, 
Jan 1, 2006. 

[56] Y. Li, J. Oldendick, C. E. Ordonez, and W. Chang, “The geometric response function for 
convergent slit-slat collimators,” Phys Med Biol, vol. 54, no. 6, pp. 1469-1482, Jan 1, 2009. 

[57] D. L. Gunter, "Collimator Design for Nuclear Medicine," Emission tomography: the 
fundamentals of PET and SPECT, M. N. Wernick and J. N. Aarsvold, eds., pp. 153-168: Elsevier 
Academic Press, 2004. 

[58] H. Wieczorek, and A. Goedicke, “Analytical model for SPECT detector concepts,” IEEE Trans. 
Nucl. Sci., vol. 53, no. 3, pp. 1102-1112, Jan 1, 2006. 

[59] R. F. Brem, J. M. Schoonjans, D. A. Kieper, S. Majewski, S. Goodman, and C. Civelek, “High-
resolution scintimammography: a pilot study,” Journal of nuclear medicine : official publication, 
Society of Nuclear Medicine, vol. 43, no. 7, pp. 909-15, Jul, 2002. 

[60] C. B. Hruska, S. W. Phillips, D. H. Whaley, D. J. Rhodes, and M. K. O'Connor, “Molecular 
Breast Imaging: Use of a Dual-Head Dedicated Gamma Camera to Detect Small Breast Tumors,” 
American Journal of Roentgenology, vol. 191, no. 6, pp. 1805-1815, Dec, 2008. 

[61] M. O'Connor, D. Rhodes, C. Hruska, S. Phillips, and D. Whaley, “Molecular breast imaging 
(MBI) as an adjunct to screening mammography,” J NUCL MED MEETING ABSTRACTS, vol. 
49, no. MeetingAbstracts_1, pp. 40P-b-, May 1, 2008, 2008. 

[62] M. K. O'Connor, G. Tourassi, and C. G. Orton, “Point/counterpoint. Molecular breast imaging 
will soon replace x-ray mammography as the imaging modality of choice for women at high risk 
with dense breasts,” Medical Physics, vol. 36, no. 5, pp. 1463-6, May, 2009. 

[63] D. J. Rhodes, C. B. Hruska, S. W. Phillips, D. H. Whaley, and M. K. O'Connor, “Dedicated 
Dual-Head Gamma Imaging for Breast Cancer Screening in Women with Mammographically 
Dense Breasts,” Radiology, vol. 258, no. 1, pp. 106-118, Jan 1, 2011. 

[64] C. B. Hruska, A. L. Weinmann, C. M. Tello Skjerseth, E. M. Wagenaar, A. L. Conners, C. L. 
Tortorelli, R. W. Maxwell, D. J. Rhodes, and M. K. O'Connor, “Proof of concept for low-dose 
molecular breast imaging with a dual-head CZT gamma camera. Part II. Evaluation in patients,” 
Medical Physics, vol. 39, no. 6, pp. 3476-83, Jun, 2012. 

[65] M. K. O'Connor, H. Li, D. J. Rhodes, C. B. Hruska, C. B. Clancy, and R. J. Vetter, “Comparison 
of radiation exposure and associated radiation-induced cancer risks from mammography and 
molecular imaging of the breast,” Medical Physics, vol. 37, no. 12, pp. 6187-98, Dec, 2010. 

[66] C. Robert, G. Montémont, V. Rebuffel, L. Verger, and I. Buvat, “Optimization of a parallel hole 
collimator/CdZnTe gamma-camera architecture for scintimammography,” Med. Phys., vol. 38, 
no. 4, pp. 1806-1820, Jan 1, 2011. 

[67] R. Tiling, K. Tatsch, H. Sommer, G. Meyer, M. Pechmann, K. Gebauer, W. Munzing, R. Linke 
et al., “Technetium-99m-sestamibi scintimammography for the detection of breast carcinoma: 



Bibliography 
 

 
 138 R. Capote  

comparison between planar and SPECT imaging,” Journal of nuclear medicine : official 
publication, Society of Nuclear Medicine, vol. 39, no. 5, pp. 849-56, May, 1998. 

[68] R. Danielsson, B. Bone, B. Agren, L. Svensson, and P. Aspelin, “Comparison of planar and 
SPECT scintimammography with 99mTc-sestamibi in the diagnosis of breast carcinoma,” Acta 
radiologica, vol. 40, no. 2, pp. 176-80, Mar, 1999. 

[69] A. Spanu, G. Dettori, S. Nuvoli, A. Porcu, A. Falchi, P. Cottu, M. E. Solinas, A. M. Scanu et al., 
“Tc-99m-tetrofosmin SPET in the detection of both primary breast cancer and axillary lymph 
node metastasis,” European Journal of Nuclear Medicine, vol. 28, no. 12, pp. 1781-1794, Dec, 
2001. 

[70] K. Yutani, E. Shiba, H. Kusuoka, M. Tatsumi, T. Uehara, T. Taguchi, S. I. Takai, and T. 
Nishimura, “Comparison of FDG-PET with MIBI-SPECT in the detection of breast cancer and 
axillary lymph node metastasis,” Journal of computer assisted tomography, vol. 24, no. 2, pp. 
274-80, Mar-Apr, 2000. 

[71] W. A. Berg, I. N. Weinberg, D. Narayanan, M. E. Lobrano, E. Ross, L. Amodei, L. Tafra, L. P. 
Adler et al., “High-resolution fluorodeoxyglucose positron emission tomography with 
compression ("positron emission mammography") is highly accurate in depicting primary breast 
cancer,” Breast Journal, vol. 12, no. 4, pp. 309-323, Jul-Aug, 2006. 

[72] R. Accorsi, “Brain Single-Photon Emission CT Physics Principles,” American Journal of 
Neuroradiology, vol. 29, no. 7, pp. 1247-1256, Jan 25, 2008. 

[73] C. J. Thompson, K. Murthy, I. N. Weinberg, and F. Mako, “Feasibility study for positron 
emission mammography,” Medical Physics, vol. 21, no. 4, pp. 529-38, Apr, 1994. 

[74] B. J. Pichler, H. F. Wehrl, and M. S. Judenhofer, “Latest advances in molecular imaging 
instrumentation,” Journal of Nuclear Medicine, vol. 49, pp. 5s-23s, Jun, 2008. 

[75] H. Peng, and C. S. Levin, “Design study of a high-resolution breast-dedicated PET system built 
from cadmium zinc telluride detectors,” Phys Med Biol, vol. 55, no. 9, pp. 2761-2788, Jan 1, 
2010. 

[76] A. Springer, and O. R. Mawlawi, “Evaluation of the quantitative accuracy of a commercially 
available positron emission mammography scanner,” Med. Phys., vol. 38, no. 4, pp. 2132-2139, 
Jan 1, 2011. 

[77] L. Moliner, A. J. Gonzalez, A. Soriano, F. Sanchez, C. Correcher, A. Orero, M. Caries, L. F. 
Vidal et al., “Design and evaluation of the MAMMI dedicated breast PET,” Medical Physics, 
vol. 39, no. 9, pp. 5393-5404, Sep, 2012. 

[78] P. Lecoq, and J. Varela, “Clear-PEM, a dedicated PET camera for mammography,” Nuclear 
Instruments & Methods in Physics Research Section a-Accelerators Spectrometers Detectors 
and Associated Equipment, vol. 486, no. 1-2, pp. 1-6, Jun 21, 2002. 

[79] B. Frisch, and C.-S. Collaboration, “Development of ClearPEM-Sonic - a Multimodal Positron 
Emission Mammograph and Ultrasound Scanner,” 2011 Ieee Nuclear Science Symposium and 
Medical Imaging Conference (Nss/Mic), pp. 2267-2272, 2011. 

[80] M. Abrantes, P. Almeida, F. Botelho, R. Bugalho, S. Carvalho, C. S. Ferreira, N. C. Ferreira, M. 
V. Martins et al., “ClearPEM scanners: performance results and studies in preclinical 



Bibliography 
 

 
  Single Photon Emission Mammography with Convergent Collimators 139 

environment,” 2011 Ieee Nuclear Science Symposium and Medical Imaging Conference 
(Nss/Mic), pp. 3291-3295, 2011. 

[81] E. Albuquerque, F. G. Almeida, P. Almeida, E. Auffray, J. Barbosa, A. L. Bastos, V. Bexiga, R. 
Bugalho et al., “Characterization of the Clear-PEM Breast Imaging Scanner Performance,” 2009 
Ieee Nuclear Science Symposium Conference Record, Vols 1-5, pp. 3487-3490, 2009. 

[82] E. Albuquerque, F. G. Almeida, P. Almeida, E. Auffray, J. Barbosa, A. L. Bastos, V. Bexiga, R. 
Bugalho et al., “An Overview of the Clear-PEM Breast Imaging Scanner,” 2008 Ieee Nuclear 
Science Symposium and Medical Imaging Conference (2008 Nss/Mic), Vols 1-9, pp. 5375-5377, 
2009. 

[83] A. Trindade, “Design and Evaluation of a Positron Emission Tomograph for Breast Cancer 
Imaging,” Ph.D Thesis, Universidade Técnica de Lisboa, Lisbon, 2007. 

[84] P. Rodrigues, A. Trindade, and J. Varela, “Clear-PEM system counting rates: a Monte Carlo 
study,” Journal of Instrumentation, vol. 2, Jan, 2007. 

[85] M. C. Abreu, D. Aguiar, E. Albuquerque, F. G. Almeida, P. Almeida, P. Amaral, E. Auffray, P. 
Bento et al., “Clear-PEM: A PET imaging system dedicated to breast cancer diagnostics,” Nucl 
Instrum Meth A, vol. 571, no. 1-2, pp. 81-84, Jan 1, 2007. 

[86] E. Albuquerque, P. Bento, C. Leong, F. Goncalves, J. Nobre, J. Rego, P. Relvas, P. Lousa et al., 
“The Clear-PEM electronics system,” Ieee T Nucl Sci, vol. 53, no. 5, pp. 2704-2711, Jan 1, 2006. 

[87] R. Bugalho, B. Carrico, C. S. Ferreira, M. Frade, M. Ferreira, R. Moura, J. Neves, C. Ortigao et 
al., “Characterization of avalanche photodiode arrays for the ClearPEM and ClearPEM-Sonic 
scanners,” Journal of Instrumentation, vol. 4, Sep, 2009. 

[88] P. Amaral, B. Carrico, M. Ferreira, R. Moura, C. Ortigao, P. Rodrigues, J. C. Da Silva, A. 
Trindade, and J. Varela, “Performance and quality control of Clear-PEM detector modules,” 
Nucl Instrum Meth A, vol. 580, no. 2, pp. 1123-1126, Jan 1, 2007. 

[89] P. Amaral, P. Bruyndonckx, B. Carrico, M. Ferreira, J. Luyten, R. Moura, C. Ortigao, P. 
Rodrigues et al., “Long-term stability of the Clear-PEM detector modules,” Nucl Instrum Meth A, 
vol. 571, no. 1-2, pp. 488-492, Jan 1, 2007. 

[90] M. Abreu, J. Aguiar, F. Almeida, P. Almeida, P. Bento, B. Carrico, M. Ferreira, N. Ferreira et al., 
“Design and evaluation of the Clear-PEM scanner for positron emission mammography,” Ieee T 
Nucl Sci, vol. 53, no. 1, pp. 71-77, Jan 1, 2006. 

[91] A. Trindade, P. Almeida, N. C. Ferreira, M. V. Martins, N. Matela, N. Oliveira, P. Rodrigues, 
and J. Varela, “Breast cancer imaging studies by Monte Carlo simulation with Clear-PEM,” 
2005 IEEE Nuclear Science Symposium Conference Record, Vols 1-5, pp. 2103-2107, 2005. 

[92] C. Cardi, Z. Cao, M. Thakur, J. Karp, and P. Acton, "Pinhole PET (pPET): a multi-pinhole 
collimator insert for small animal SPECT imaging on PET cameras." p. 4 pp. 

[93] Y. Shao, R. Yao, T. Ma, and P. Manchiraju, "Initial studies of PET-SPECT dual-tracer 
imaging." pp. 4198 -4204. 



Bibliography 
 

 
 140 R. Capote  

[94] R. Yao, T. Ma, and Y. Shao, “Lutetium oxyorthosilicate (LSO) intrinsic activity correction and 
minimal detectable target activity study for SPECT imaging with a LSO-based animal PET 
scanner,” Phys Med Biol, vol. 53, no. 16, pp. 4399-4415, Jan 1, 2008. 

[95] H. C. Liang, M. L. Jan, W. C. Lin, S. F. Yu, J. L. Su, and L. H. Shen, “Development of an 
LYSO based gamma camera for positron and scinti-mammography,” Journal of Instrumentation, 
vol. 4, Aug, 2009. 

[96] C. Lois, P. Aguiar, B. Couce, and A. Iglesias, “Characterization of low energy Lu background 
on continuous LYSO blocks,” 2010 Ieee Nuclear Science Symposium Conference Record 
(Nss/Mic), 2010. 

[97] S. E. Chapman, J. M. Diener, T. A. Sasser, C. Correcher, A. J. Gonzalez, T. V. Avermaete, and 
W. M. Leevy, “Dual tracer imaging of SPECT and PET probes in living mice using a sequential 
protocol,” American journal of nuclear medicine and molecular imaging, vol. 2, no. 4, pp. 405-
14, 2012. 

[98] S. R. Meikle, P. Kench, M. Kassiou, and R. B. Banati, “Small animal SPECT and its place in the 
matrix of molecular imaging technologies,” Phys. Med. Biol., vol. 50, no. 22, pp. R45-R61, Nov 
21, 2005. 

[99] M. C. Goorden, and F. J. Beekman, “High-resolution tomography of positron emitters with 
clustered pinhole SPECT,” Phys Med Biol, vol. 55, no. 5, pp. 1265-1277, Feb 4, 2010. 

[100] C. R. Tenney, M. P. Tornai, M. F. Smith, T. G. Turkington, and R. J. Jaszczak, “Uranium 
pinhole collimators for 511-keV photon SPECT imaging of small volumes,” Ieee Transactions 
on Nuclear Science, vol. 48, no. 4, pp. 1483-1489, Aug, 2001. 

[101] R. W. Burt, O. W. Perkins, B. E. Oppenheim, D. S. Schauwecker, L. Stein, H. N. Wellman, and 
R. M. Witt, “Direct comparison of fluorine-18-FDG SPECT, fluorine-18-FDG PET and rest 
thallium-201 SPECT for detection of myocardial viability,” Journal of nuclear medicine : 
official publication, Society of Nuclear Medicine, vol. 36, no. 2, pp. 176-9, Feb, 1995. 

[102] M. P. Sandler, J. J. Bax, J. A. Patton, F. C. Visser, W. H. Martin, and W. Wijns, “Fluorine-18-
fluorodeoxyglucose cardiac imaging using a modified scintillation camera,” Journal of Nuclear 
Medicine, vol. 39, no. 12, pp. 2035-2043, Dec, 1998. 

[103] H. P. Stoll, N. Hellwig, C. Alexander, C. Ozbek, H. Schieffer, and E. Oberhausen, “Myocardial 
metabolic imaging by means of fluorine-18 deoxyglucose/technetium-99m sestamibi dual-
isotope single-photon emission tomography,” European journal of nuclear medicine, vol. 21, no. 
10, pp. 1085-93, Oct, 1994. 

[104] H. C. Liang, M. L. Jan, and J. L. Su, “Development of a Pixelated Detector for Clinical Positron 
and Single-photon Molecular Imaging,” Journal of Medical and Biological Engineering, vol. 32, 
no. 5, pp. 373-379, 2012. 

[105] R. M. Capote, N. Matela, R. C. Conceicao, and P. Almeida, “Optimization of convergent 
collimators for pixelated SPECT systems,” Medical Physics, vol. 40, no. 6, pp. 062501, Jun, 
2013. 

[106] R. E. Roslan, W. H. M. Saad, M. I. Saripan, S. Hashim, and W.-S. Choong, “The performance of 
a wire mesh collimator SPECT camera for different breast volumes in prone position,” Nucl 
Instrum Meth A, vol. 619, no. 1-3, pp. 385-387, Jan 1, 2010. 



Bibliography 
 

 
  Single Photon Emission Mammography with Convergent Collimators 141 

[107] F. Scopinaro, R. Pani, G. De Vincentis, A. Soluri, R. Pellegrini, and L. Porfiri, “High-resolution 
scintimammography improves the accuracy of technetium-99m methoxyisobutylisonitrile 
scintimammography: use of a new dedicated gamma camera,” Eur J Nucl Med, vol. 26, no. 10, 
pp. 1279-1288, Jan 1, 1999. 

[108] J. Li, R. Jaszczak, T. Turkington, C. Metz, D. Gilland, K. Greer, and R. Coleman, “An 
Evaluation of Lesion Detectability with Cone-Beam, FanBeam and Parallel-Beam Collimation 
in SPECT by Continuous ROC Study,” J. Nucl. Med., vol. 35, no. 1, pp. 135-140, Jan 1, 1994. 

[109] R. Ter-Antonyan, R. J. Jaszczak, K. L. Greer, J. E. Bowsher, S. D. Metzler, and R. E. Coleman, 
“Combination of Converging Collimators for High-Sensitivity Brain SPECT,” J. Nucl. Med., vol. 
50, no. 9, pp. 1548-1556, Sep 1, 2009. 

[110] R. Jaszczak, K. Greer, and R. Coleman, “SPECT using a specially designed cone beam 
collimator,” J. Nucl. Med., vol. 29, no. 8, pp. 1398-1405, Jan 1, 1988. 

[111] G. T. Gullberg, B. M. W. Tsui, C. R. Crawford, J. G. Ballard, and J. T. Hagius, “Estimation of 
geometrical parameters and collimator evaluation for cone beam tomography,” Med. Phys., vol. 
17, no. 2, pp. 264-272, 1990. 

[112] G. Zeng, "Pinhole SPECT vs. Cone-Beam SPECT," Collection, pp. 240-247, 2007. 

[113] M. C. M. Rentmeester, F. V. D. Have, and F. J. Beekman, “Optimizing multi-pinhole SPECT 
geometries using an analytical model,” Phys Med Biol, vol. 52, no. 9, pp. 2567-2581, Apr 17, 
2007. 

[114] K. S. Lee, W. W. Roeck, G. T. Gullberg, and O. Nalcioglu, “MR-based keyhole SPECT for 
small animal imaging,” Phys Med Biol, vol. 56, no. 3, pp. 685-702, Jan 1, 2011. 

[115] R. Moyer, “Low-energy multihole converging collimator compared with a pinhole collimator,” J. 
Nucl. Med., vol. 15, no. 2, pp. 59-64, Jan 1, 1974. 

[116] P. Raghunathan, P. Goodale, J. Klinger, M. Appleby, J. Atkinson, and M. Williams, “Matched 
collimators for pixellated gamma camera,” in Nuclear Science Symposium and Medical Imaging 
Conference Record, Puerto Rico, 2005, pp. 4. 

[117] R. Accorsi, and S. D. Metzler, “Non-diverging analytic expression for the on-axis sensitivity of 
converging collimators: analytic derivation,” Phys. Med. Biol., vol. 51, no. 21, pp. 5675-5696, 
Jan 1, 2006. 

[118] M.-A. Park, M. F. Kijewski, and S. C. Moore, “Effects of hole tapering on cone-beam 
collimation for brain SPECT imaging,” Nucl. Instr. and Meth. A, vol. 569, no. 2, pp. 188-192, 
Jan 1, 2006. 

[119] R. Capote, and P. Almeida, “A GATE simulation study of a Fan-Beam Collimator for SPECT 
Mammography,” European Journal of Nuclear Medicine and Molecular Imaging, vol. 37, pp. 
S348-S348, Oct, 2010. 

[120] D. Gunter, K. Matthews, and C. Ordonez, “The optimal design of non-parallel hole collimators,” 
in Nuclear Science Symposium and Medical Imaging Conference Record, Seattle, WA, 1999, pp. 
1344 -1348. 



Bibliography 
 

 
 142 R. Capote  

[121] O. V. Makarova, G. H. Yang, P. T. Amstutz, and C. M. Tang, “Fabrication of antiscatter grids 
and collimators for X-ray and gamma-ray imaging by lithography and electroforming,” 
Microsystem Technologies-Micro-and Nanosystems-Information Storage and Processing 
Systems, vol. 14, no. 9-11, pp. 1613-1619, Oct, 2008. 

[122] H. B. Barber, and J. M. Woolfenden, "Progress in Semiconductor Detectors for Use in Nuclear 
Medicine," Nuclear Medicine, R. E. Henkin, D. Bova, G. L. Dillehay et al., eds., pp. 137–153, St. 
Louis: Mosby, 1996. 

[123] S. C. Moore, M. F. Kijewski, and G. El Fakhri, “Collimator optimization for detection and 
quantitation tasks: Application to gallium-67 imaging,” IEEE Trans. Med. Imag., vol. 24, no. 10, 
pp. 1347-1356, Oct, 2005. 

[124] L. Zhou, and G. Gindi, “Collimator optimization in SPECT based on a joint detection and 
localization task,” Phys. Med. Biol., vol. 54, no. 14, pp. 4423-4437, Jan 1, 2009. 

[125] S. J. McQuaid, S. Southekal, M. F. Kijewski, and S. C. Moore, “Joint optimization of collimator 
and reconstruction parameters in SPECT imaging for lesion quantification,” Phys. Med. Biol., 
vol. 56, no. 21, pp. 6983-7000, Nov 7, 2011. 

[126] B. Oliveira, “Correcção de scatter em imagens de Mamografia por Emissão de Positrões (PEM) 
por método de dupla janela de energia,” Master Thesis, Universidade Nova de Lisboa, Lisbon, 
2012. 

[127] A. Valente, “Reconstrução de imagem em SPECT utilizando um colimador convergente e 
detectores de imagem pixelizados,” Master Thesis, Universidade Nova de Lisboa, Lisbon, 2011. 

[128] L. Cao, R. Bugalho, C. S. Ferreira, C. Ortigao, R. M. Capote, J. Varela, and J. Peter, “A Fast 
List-Mode Reconstruction Algorithm with Dedicated Correction for Random Coincidences for 
the Clear-PEM System,” Ieee T Nucl Sci, no. 99, pp. 1-1, 2014. 

[129] R. C. Conceicao, M. O'Halloran, R. M. Capote, C. S. Ferreira, N. Matela, H. A. Ferreira, M. 
Glavin, E. Jones, and P. Almeida, “Development of Breast and Tumour Models for Simulation 
of Novel Multimodal PEM-UWB Technique for Detection and Classification of Breast 
Tumours,” 2012 Ieee Nuclear Science Symposium and Medical Imaging Conference Record 
(Nss/Mic), pp. 2769-2772, 2012. 

[130] C. S. Ferreira, “The ClearPEM detector in breast cancer: correction methods for improved 
imaging,” Ph.D Thesis, Universidade Técnica de Lisboa, Lisbon, 2014. 

[131] H. Zaidi, “Relevance of accurate Monte Carlo modeling in nuclear medical imaging,” Medical 
Physics, vol. 26, no. 4, pp. 574-608, Apr, 1999. 

[132] Y. K. Dewaraja, M. Ljungberg, and K. F. Koral, “Accuracy of I-131 tumor quantification in 
radioimmunotherapy using SPECT imaging with an ultra-high-energy collimator: Monte Carlo 
study,” Journal of Nuclear Medicine, vol. 41, no. 10, pp. 1760-1767, Oct, 2000. 

[133] D. Lazaro, Z. El Bitar, V. Breton, D. Hill, and I. Buvat, “Fully 3D Monte Carlo reconstruction in 
SPECT: a feasibility study,” Physics in medicine and biology, vol. 50, no. 16, pp. 3739-54, Aug 
21, 2005. 



Bibliography 
 

 
  Single Photon Emission Mammography with Convergent Collimators 143 

[134] I. Buvat, and I. Castiglioni, “Monte Carlo simulations in SPET and PET,” The quarterly journal 
of nuclear medicine : official publication of the Italian Association of Nuclear Medicine, vol. 46, 
no. 1, pp. 48-61, Mar, 2002. 

[135] M. Ljungberg, S. E. Strand, and M. A. King, Monte Carlo Calculations in Nuclear Medicine, 
Second Edition: Applications in Diagnostic Imaging: Taylor & Francis, 2012. 

[136] S. Jan, D. Benoit, E. Becheva, T. Carlier, F. Cassol, P. Descourt, T. Frisson, L. Grevillot et al., 
“GATE V6: a major enhancement of the GATE simulation platform enabling modelling of CT 
and radiotherapy,” Phys Med Biol, vol. 56, no. 4, pp. 881-901, Jan 1, 2011. 

[137] S. Jan, G. Santin, D. Strul, S. Staelens, K. Assie, D. Autret, S. Avner, R. Barbier et al., “GATE: 
a simulation toolkit for PET and SPECT,” Phys Med Biol, vol. 49, no. 19, pp. 4543-4561, Jan 1, 
2004. 

[138] S. Agostinelli, J. Allison, K. Amako, J. Apostolakis, H. Araujo, P. Arce, M. Asai, D. Axen et al., 
“GEANT4-a simulation toolkit,” Nucl Instrum Meth A, vol. 506, no. 3, pp. 250-303, Jan 1, 2003. 

[139] X. G. Xu, "Computational Phantoms for Radiation Dosimetry: A 40-Year History of Evolution," 
Handbook of Anatomical Models for Radiation Dosimetry, X. G. Xu and K. F. Eckerman, eds., 
pp. 3-35: CRC Press, 2010. 

[140] W. P. Segars, S. Mori, G. T. Y. Chen, and B. M. W. Tsui, “Modeling respiratory motion 
variations in the 4D NCAT phantom,” 2007 Ieee Nuclear Science Symposium Conference 
Record, Vols 1-11, pp. 4531-4533, 2007. 

[141] W. P. Segars, B. M. Tsui, A. J. Da Silvia, and L. Shao, “PET-CT image fusion using the new 4D 
NURBS-based Cardiac-Torso (NCAT) phantom.,” Journal of Nuclear Medicine, vol. 43, no. 5, 
pp. 13P-13P, May, 2002. 

[142] W. P. Segars, B. M. Tsui, D. S. Lalush, E. C. Frey, M. A. King, and D. Manocha, “Development 
and application of the new dynamic Nurbs-based Cardiac-Torso (NCAT) phantom.,” Journal of 
Nuclear Medicine, vol. 42, no. 5, pp. 7p-7p, May, 2001. 

[143] S. Jan, G. Santin, D. Strul, D. Benoit, E. Becheva, T. Carlier, F. Cassol, P. Descourt et al., Gate 
users guide, 2009. 

[144] M. Tornai, C. Brzymialkiewicz, M. Bradshaw, J. Bowsher, B. Patt, J. Iwanczyk, J. LI, and L. 
MacDonald, “Comparison of compact gamma cameras with 1.3-and 2.0-mm quantized elements 
for dedicated emission mammotomography,” Ieee T Nucl Sci, vol. 52, no. 5, pp. 1251-1256, Jan 
1, 2005. 

[145] R. Brun, and F. Rademakers, “ROOT - An object oriented data analysis framework,” Nuclear 
Instruments & Methods in Physics Research Section a-Accelerators Spectrometers Detectors 
and Associated Equipment, vol. 389, no. 1-2, pp. 81-86, Apr 11, 1997. 

[146] S. Tavernier, “Information for the simulation of the Clear-PEM system,” Clear-PEM project 
documentation, 2012. 

[147] C. L. Melcher, and J. S. Schweitzer, “Cerium-Doped Lutetium Oxyorthosilicate - a Fast, 
Efficient New Scintillator,” Ieee Transactions on Nuclear Science, vol. 39, no. 4, pp. 502-505, 
Aug, 1992. 



Bibliography 
 

 
 144 R. Capote  

[148] J. S. Huber, W. W. Moses, W. F. Jones, and C. C. Watson, “Effect of 176Lu background on 
singles transmission for LSO-based PET cameras,” Physics in medicine and biology, vol. 47, no. 
19, pp. 3535-41, Oct 7, 2002. 

[149] E. Bombardieri, C. Aktolun, R. P. Baum, A. Bishof-Delaloye, J. Buscombe, J. F. Chatal, L. 
Maffioli, R. Moncayo et al., “Breast scintigraphy: procedure guidelines for tumour imaging,” 
European Journal of Nuclear Medicine and Molecular Imaging, vol. 30, no. 12, pp. BP107-14, 
Dec, 2003. 

[150] S. E. Derenzo, T. F. Budinger, J. L. Cahoon, W. L. Greenberg, R. H. Huesman, and T. Vuletich, 
“The Donner 280-Crystal High Resolution Positron Tomograph,” Nuclear Science, IEEE 
Transactions on, vol. 26, no. 2, pp. 2790-2793, 1979. 

[151] W. Branderhorst, B. Vastenhouw, and F. J. Beekman, “Pixel-based subsets for rapid multi-
pinhole SPECT reconstruction,” Phys Med Biol, vol. 55, no. 7, pp. 2023-2034, Jan 1, 2010. 

[152] The National Laboratory of Medicine’s Visible Human Project – Segmented Visible Human 
Data, 2014; http://www.nlm.nih.gov/research/visible/. 

[153] M. D. Bethesda, “Tissue Substitutes in Radiation Dosimetry and Measurement,” Report 44 of 
the International Commission on Radiation Units and Measurements, 1989. 

[154] F. J. Wackers, D. S. Berman, J. Maddahi, D. D. Watson, G. A. Beller, H. W. Strauss, C. A. 
Boucher, M. Picard et al., “Technetium-99m hexakis 2-methoxyisobutyl isonitrile: human 
biodistribution, dosimetry, safety, and preliminary comparison to thallium-201 for myocardial 
perfusion imaging,” Journal of nuclear medicine : official publication, Society of Nuclear 
Medicine, vol. 30, no. 3, pp. 301-11, Mar, 1989. 

[155] D. Kieper, S. Majewski, B. Kross, V. Popov, A. Weisenberger, B. Welch, R. Wojcik, M. 
Williams et al., “Optimization of breast imaging procedure with dedicated compact gamma 
cameras,” Nucl Instrum Meth A, vol. 497, no. 1, pp. 168-173, Jan 1, 2003. 

[156] J. A. Sorenson, and M. E. Phelps, "Image Quality in Nuclear Medicine," Physics in nuclear 
medicine, pp. 253-272, New York: Grune & Stratton, 1980. 

[157] Z. El Bitar, R. H. Huesman, R. Boutchko, V. Bekaert, D. Brasse, and G. T. Gullberg, “A 
detector response function design in pinhole SPECT including geometrical calibration,” Physics 
in medicine and biology, vol. 58, no. 7, pp. 2395-411, Apr 7, 2013. 

[158] D. E. Kuhl, and R. Q. Edwards, “Image Separation Radioisotope Scanning,” Radiology, vol. 80, 
no. 4, pp. 653-662, 1963/04/01, 1963. 

[159] G. Muehllehner, and R. A. Wetzel, “Section imaging by computer calculation,” Journal of 
nuclear medicine : official publication, Society of Nuclear Medicine, vol. 12, no. 2, pp. 76-84, 
Feb, 1971. 

[160] P. P. Bruyant, “Analytic and iterative reconstruction algorithms in SPECT,” Journal of nuclear 
medicine : official publication, Society of Nuclear Medicine, vol. 43, no. 10, pp. 1343-58, Oct, 
2002. 

[161] J. Nuyts, and S. Matej, "Image reconstruction," Nuclear Medicine Physics: A handbook for 
teachers and students, D. L. Bailey, J. L. Humm, A. Todd-Pokropek et al., eds., pp. 449-546: 
International Atomic Energy Agency, 2014. 



Bibliography 
 

 
  Single Photon Emission Mammography with Convergent Collimators 145 

[162] G. L. Zeng, Medical image reconstruction: A conceptual tutorial, Springer, 2010. 

[163] L. A. Shepp, and Y. Vardi, “Maximum Likelihood Reconstruction for Emission Tomography,” 
Medical Imaging, IEEE Transactions on, vol. 1, no. 2, pp. 113 -122, Oct 1, 1982. 

[164] H. M. Hudson, and R. S. Larkin, “Accelerated Image Reconstruction Using Ordered Subsets of 
Projection Data,” Ieee T Med Imaging, vol. 13, no. 4, pp. 601-609, Jan 8, 1994. 

[165] G. ZENG, “Image reconstruction - a tutorial,” Comput Med Imag Grap, vol. 25, no. 2, pp. 97-
103, Jan 1, 2001. 

[166] F. van der Have, B. Vastenhouw, M. Rentmeester, and F. J. Beekman, “System calibration and 
statistical image reconstruction for ultra-high resolution stationary pinhole SPECT,” Ieee T Med 
Imaging, vol. 27, no. 7, pp. 960-971, Jan 1, 2008. 

[167] D. Borys, K. Szczucka-Borys, and K. Gorczewski, “System matrix computation for iterative 
reconstruction algorithms in SPECT based on direct measurements,” International Journal of 
Applied Mathematics and Computer Science, vol. 21, no. 1, pp. 193-202, Jan 1, 2011. 

[168] N. Matela, M. V. Martins, P. Rodrigues, A. Trindade, N. Oliveira, L. Peralta, N. C. Ferreira, J. 
Varela, and P. D. Almeida, “System matrix calculation for Clear-PEM using ART and 
linograms,” in Nuclear Science Symposium Conference Record, 2004 IEEE, 2004, pp. 2601-
2604 Vol. 4. 

[169] S. S. Orlov, “Theory of 3-Dimensional Reconstruction .1. Conditions for a Full Set of 
Projections,” Kristallografiya, vol. 20, no. 3, pp. 511-515, 1975. 

[170] B. D. Smith, “Image reconstruction from cone-beam projections: necessary and sufficient 
conditions and reconstruction methods,” IEEE transactions on medical imaging, vol. 4, no. 1, pp. 
14-25, 1985. 

[171] H. K. Tuy, “An Inversion Formula for Cone-Beam Reconstruction,” SIAM Journal on Applied 
Mathematics, vol. 43, no. 3, pp. pp. 546-552, 1983. 

[172] J. Wagner, F. Noo, R. Clackdoyle, G. Bal, and P. Christian, “Attenuation correction for rotating 
slant-hole (RSH) SPECT using exact rebinning,” Ieee T Nucl Sci, vol. 50, no. 1, pp. 110-116, Jan 
1, 2003. 

[173] C. Stone, M. Smith, K. Greer, and R. Jaszczak, “A combined half-cone beam and parallel hole 
collimation system for SPECT brain imaging,” Ieee T Nucl Sci, vol. 45, no. 3, pp. 1219-1224, 
Jan 1, 1998. 

[174] M. T. Madsen, "Nuclear Counting Statistics," Nuclear Medicine, R. E. Henkin, D. Bova, G. L. 
Dillehay et al., eds., pp. 127–136, St. Louis: Mosby, 1996. 

[175] C. B. Hruska, and M. K. O'Connor, “Effect of collimator selection on tumor detection for 
dedicated nuclear breast imaging systems,” Ieee T Nucl Sci, vol. 53, no. 5, pp. 2680-2689, Jan 1, 
2006. 

[176] K. Van Audenhaege, R. Van Holen, S. Vandenberghe, C. Vanhove, S. D. Metzler, and S. C. 
Moore, “Review of SPECT collimator selection, optimization, and fabrication for clinical and 
preclinical imaging,” Medical Physics, vol. 42, no. 8, pp. 4796, Aug, 2015. 



Bibliography 
 

 
 146 R. Capote  

 
 

 



 

 
  Single Photon Emission Mammography with Convergent Collimators 147 

Appendix A: Images of the simulation 

framework (GATE) 

SPEM scanner simulation framework 
 

Derenzo phantom 

 
 

Defrise phantom 

 
 

XCAT phantom 

 



Appendix A: Images of the simulation framework (GATE) 
 

 
 148 R. Capote  

 
 

Clear-PEM scanner simulation framework 
 

Derenzo phantom 

 
 

Defrise phantom 

 
 

XCAT phantom 

 
 

 



 

 
  Single Photon Emission Mammography with Convergent Collimators 149 

Appendix B: Simulated projection data 

 
Figures showing the projection data obtained in the SPEM scanner simulations (first 
projection acquired at the first angular position, of a total of 128). 
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